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ABSTRACT OF THE DISSERTATION
ASSESSMENT OF BIODEGRADABLE MAGNESIUM ALLOYS FOR ENHANCED
MECHANICAL AND BIOCOMPATIBLE PROPERTIES
by
Puneet Kamal Singh Gill
Florida International University, 2012
Miami, Florida
Professor Norman Munroe, Major Professor
Biomaterials have been used for more than a century in the human body to
improve body functions and replace damaged tissues. Currently approved and commonly
used metallic biomaterials such as, stainless steel, titanium, cobalt chromium and other
alloys have been found to have adverse effects leading in some cases, to mechanical
failure and rejection of the implant. The physical or chemical nature of the degradation
products of some implants initiates an adverse foreign body reaction in the tissue. Some
metallic implants remain as permanent fixtures, whereas others such as plates, screws and
pins used to secure serious fractures are removed by a second surgical procedure after the
tissue has healed sufficiently. However, repeat surgical procedures increase the cost of
health care and the possibility of patient morbidity. This study focuses on the
development of magnesium based biodegradable alloys/metal matrix composites
(MMCs) for orthopedic and cardiovascular applications.

The Mg alloys/MMCs

possessed good mechanical properties and biocompatible properties. Nine different
compositions of Mg alloys/MMCs were manufactured and surface treated. Their
degradation behavior, ion leaching, wettability, morphology, cytotoxicity and mechanical

vii

properties were determined. Alloying with Zn, Ca, HA and Gd and surface treatment
resulted in improved mechanical properties, corrosion resistance, reduced cytotoxicity,
lower pH and hydrogen evolution. Anodization resulted in the formation of a distinct
oxide layer (thickness 5-10 μm) as compared with that produced on mechanically
polished samples (~20-50 nm) under ambient conditions. It is envisaged that the findings
of this research will introduce a new class of Mg based biodegradable alloys/MMCs and
the emergence of innovative cardiovascular and orthopedic implant devices.
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1.0

INTRODUCTION
Biocompatibility has been defined as “the study and knowledge of the

interactions between living and non-living materials”, and a biomaterial is defined as: “a
material intended to interface with biological systems to evaluate, treat, augment or
replace any tissue, organ or function of the body” [1]. Biomaterials have been used for
more than a century in the human body to improve body functions and replace damaged
tissues [2]. Over the last 30 years, biomaterials have received a considerable amount of
attention as a means of treating diseases and easing suffering by no longer focusing on a
conventional pharmaceutical formulation but rather a combination of device-integrated
biomaterial and the necessary therapeutic treatment. Biomaterials have found applications
in approximately 8000 different kinds of medical devices [4], which have been used in
repairing skeletal systems, returning cardiovascular functionality, replacing organs, and
repairing or returning senses [5]. Even though biomaterials have had a pronounced
impact in medical treatment, there still exists a need for better polymers, ceramics, and
metallic systems. Common examples in the medical industry of medical devices include:
sutures, supportive meshes, needles, orthopedic, osteosynthetics, vascular grafts, stents,
etc. The biomaterials employed must possess good mechanical integrity, non-toxicity and
pronounced chemical stability [6].
In recent years, the demand for biomaterials has been increasing with relative
proportion of senior citizens in society as a result of the demand for replacement of failed
tissue and organs with biomaterials and artificial devices [3]. For example, an 8% annual
growth is anticipated in the orthopedic industry from $6 billion in 2007 to $13 billion by
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2017 [7]. It is projected that by 2015
5, there willl be 133 milllion Americcans over 455, the
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Fig
gure 1.1: Wo
orld market oof biomateriials [9].
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1.1

History of Biomaterials
The use of biomaterials for the manufacturing of implant devices is not new. It

has been reported that the substitution of bone parts in the body has been practiced since
the pre Christian era, where copper and bronze were the main materials used. The major
concern faced with those implants was copper ion leaching, which further lead to
poisoning in the body. Until the mid-nineteenth century, there were no other materials
suitable for implantation other than copper and bronze. [9].
By the mid-nineteenth century, serious attempts had already been made to repair
body parts with foreign materials. In 1880, Gluck, used ivory prosthesis as implants in
the body. The involvement of biomaterials earlier were unsuccessful due to occurrence of
infection or toxicity and in 1860, Dr. J. Lister developed an antiseptic surgical technique
[6]. In 1902, gold was used as the interphase between the articular heads of the implant.
This experiment proved to be successful, which lead to further studies on chemically inert
and stable materials [6].
1.2

Classification of Biomaterials
Biomaterials are categorized into three classes: class I materials [8, 10], which

have no direct contact with bodily tissues; class II materials that are intermittently in
contact with tissues; and class III materials that are constantly in contact with tissue and
are prone to unwanted ion leaching [8]. The latter can be categorized into three types:
bio-inert, bioactive and biodegradable. Currently approved and commonly used Class III
metallic biomaterials include stainless steels, titanium and cobalt-chromium based alloys
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[8]. A limitation of these current metallic biomaterials, is the possible release of toxic
metallic ions through corrosion or wear processes [11,12,13,14,15] that leads to
inflammatory

cascades,

reduced

biocompatibility

and

possible

tissue

loss

[16,17,17,19,19,21,22]. Furthermore, these metallic biomaterials are essentially neutral in
vivo, remaining as permanent fixtures, which in the case of plates, screws and pins that
are used to secure serious fractures, must be removed by a second surgical procedure
after the tissue has healed sufficiently [24]. Repeat surgical procedures increase health
care costs and possible morbidity of patients. Table 1.1 summarizes the various types of
biomaterials and their applications.
Table 1.1: Biomaterials used in human body [5,25,139]
Type of material

Examples

Application

Polymers

Nylon, silicones, teflon,
polyester fibers, high strength
acrylics, polyurethane, hydrogels, polycarbonate,
polypropylene

contact lenses, vascular grafts, wound
dressings, maxillo facial operations,
absorbable sutures, drug- release
systems, reneal dialysis cartridges,
trocars, extra cellular matrices

Metals

Nitinol, titanium alloys, cobaltjoint replacements, dental root
chromium alloys, 316 L stainless implants, bone screws, bone plates,
steels, platinum alloys, silver, bone grafts, cardiac stents, electrodes,
magnesium alloys, iron alloys
anti-bacterial material

Ceramics

Alumina, zirconia,
hydroxyapatite, bio-glass

joint replacements, bone spacers,
tooth implants, bone bonding
applications, bone cement fillers,
cardiac stents

Composites

Carbon-carbon, calcium
phosphate cement

joint implants, heart valves
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Figure
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1.2: Schematic
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howing the id
deal conditioons of reducced load on iimplant overr time
of hea
aling processs [6,122].
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Payr in 1900 proposed Mg as a potential implant for musculoskeletal applications,
such as fixator pins, nails, wires, cramps, sheets and plates [29,31]. Figure 1.3 shows
magnesium tubular connectors designed by Payr. In 1906, Lambotte, a French surgeon,
first implanted Mg as fracture fixation plates, which faced the problem of gas cavity
formation due to rapid corrosion [29]. However, total absorption in rabbits and dogs was
observed after 7 to 10 months without any pain [29]. In 1934, Henschen and Gerlach
referred to Mg as an ideal osteosynthesis material [29], followed by Verbrugge who in
1937 indicated that implanted Mg was neither toxic, nor an irritant and reported that slow
corrosion promoted callus formation [29].

Figure 1.3: Magnesium connectors designed by Payr for vessel anastomosis [29].
Method (A) used an extravasal magnesium ring, which ensures an open postop-erative
anastomosis. Method (B) uses a two-part extravasal connector with a male and female
part.
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In
I both meth
hods, the Mg
M connectoor was extraavasal and anastomosiss was
acchieved by duplication of the intim
ma. Thus, noo foreign maaterial was llocated intraavasal
affter the anastomosis.
1.4

Why Magnesium
M
Alloys?

Figuree 1.4: Newsp
paper articlee on the impoortance of m
magnesium inn diet [30].
Figuree 1.4 shows the newspaaper cutting discussing tthe importannce of Mg, w
which
iss often underrestimated in
n dietary sup
pplement. M
Mg is the fourrth most abuundant elemeent in
th
he human bo
ody (≈ 21–2
28 g); approx
ximately 50%
% is found iin bone andd the remaindder is
fo
ound in cellss of tissue an
nd organs (seee Figure 1.55) [31, 32, 33].
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Figure 1.5: Approximate magnesium distribution [31].
Mg is required in more than 325 biochemical reactions in the body (especially for
those enzymes that use nucleotides as cofactors or substractes) [44,45,46,47,48]. It helps
to maintain normal muscle (contraction of muscles), steady heart rhythm, healthy
immune system, strong teeth and bones and transmits nerve impulses (neurological)
[44,43,49,50]. The intracellular concentration of Mg is 14 – 20 mmol/l the majority of
which is bound to nucleic acids, phospholipids in cell membranes, enzymes, ATP
(adenosine triphosphate) and proteins, see Figure 1.5 [33,35]. Mg also helps to regulate
blood sugar levels, promotes normal blood pressure and is known to be involved in
energy metabolism and protein synthesis [34,35]. Mg is primarily absorbed in the ileum
and colon and is excreted through the kidneys [36,42,46,50].
Common magnesium compounds include Mg amino acid chelate, Mg carbonate,
Mg oxide, Mg oxide dolomite and Mg sulfate (used to prevent eclamptic seizures [54]).
Mg alloys are lightweight (density 1.7 g/cc) which is ~1/3 as dense as titanium alloys [27,

8

57]. The formation of Mg alloys is dependent on the element’s liquid solubility in molten
Mg and any interference between alloying elements [55].

Figure 1.6: Intracellular distribution of Mg [32, 33].
Rubin et al. (2005) modeled the role of Mg in regulating cell cycle control, Figure
1.6 [34], where intracellular Mg promotes polysome formation, protein synthesis and a
number of Mg-ATP dependent reactions [33,34,35]. Mg++ ions also promote DNA
synthesis and cell division. A hypothetical model showing the role of Mg in cell
proliferation is shown in Figure 1.7.
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Figure 1.7: Hypothetical model demonstrating magnesium in cell proliferation control
[33,35] .
1.4.1 Crystal Structure of Magnesium
The element Mg received its name from the Greek word Magnesia a district in
Thessaly. Mg is the seventh most abundant element in the earth crust by mass. It has an
hexagonal closed packed (HCP) crystal structure with lattice parameters: a = 0.321 nm
and c = 0.521 nm. Figure 1.8 shows the principal planes and directions in a Mg unit cell.
Slip deformation mainly occurs along the (0001) basal plane and in the < 1120 >
direction on the vertical face plane {1010} [37,38]. At elevated temperatures, slip occurs
in the < 1120 > direction on the pyramidal planes {1011}.
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Figure
F
1.8: Mg unit celll crystal: (a) Principal pplanes [1 -2 1 0], basal pplane, face pplane
(b) Principa
al [1 1 0 0] planes.
p
(c) P
Principal direections [37,338].
Chem
mically, Mg alloys are relatively
r
unnstable and aare susceptiible to corroosion.
Mg
M alloys have
h
excelleent specificc strength aand stiffnesss, low dennsity, very good
machinability
m
y, dimension
nal stability, high dampinng capacity aand good weeldability unnder a
co
ontrolled atm
mosphere [39
9,40,41].

1.4.2

Benefficial Effectss of Alloying Elements
Alloying elementts not only enhance
e
thee mechanicaal properties of Mg, butt also

mpart signifi
ficant effectss on its corrrosion resistaance and bioocompatibility. Uniform
m and
im
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controlled corrosion rates are of particular importance for bioabsorbable materials, the
absence of which could lead to an excessive release of dissolved metal ions and
biological medical complications. Below is a list of common alloying elements.
Calcium: The most abundant element in the body, calcium is required for a variety of
physiological reactions [69]. 99% of calcium is stored in bones and teeth with less than
1% in blood, muscle and intercellular fluids [70]. As an alloying element, calcium is
generally added in small amounts in order to control the metallurgical properties by
controlling oxidation in the molten condition as well as serving as a grain-refining agent
[55]. Calcium apatite (hydroxyapatite) a form of calcium is also used for biodegradable
implant applications. HA is basically a calcium phosphate, which is chemically similar to
the mineral crystallites present in human bone [56].
Iron: Iron is essential for maintaining good health and is an integral part of many
proteins and enzymes. It acts as an oxygen carrier to muscle and enzymes for
biochemical reactions (myoglobin) [53,72] and is important for the regulation of cell
growth and differentiation [73, 74]. However, excessive amounts of iron can result in
acute toxicity and even death [77].
Manganese: Manganese is found in the pancreas, bone, liver and kidneys and is
important in skeletal and connective tissue development. It acts as a catalyst and cofactor
for many enzymatic processes (in the mitochondria) involving in the synthesis of fatty
acids and cholesterol and is an actual component of manganese super oxide dismutase
enzyme. As an alloying element with magnesium, manganese does not induce any
significant effect on its tensile strength but slightly increases the yield strength.
Generally, manganese has relatively low solubility in magnesium [55].
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Rare earth metals: Rare earths are normally added as mischmetal (~ 50% cerium,
25% lanthanum and small amounts of neodymium and praseodymium) or as didymium
(praseodymium and neodymium). The addition of these metals increases the strength of
magnesium alloys [55] and no significant toxicity was reported [115].
Gadolinium: Gadolinium is one the most abundant of all rare earth elements and is the
least expensive. It has no known biological role, but is said to stimulate the metabolism,
and could be detrimental in concentrations in excess of 8 wt%. Nevertheless, gadolinium
has a high solubility in magnesium and improves its strength and creep resistance
[78,79,80]. Due to its high affinity for oxygen, several oxides (Gd2O3, spinel MgGd2O4)
are produced which act as a diffusion barrier for further oxidation.
Zinc: Zinc is an important element for development and growth in humans, and is
involved catalytically in approximately 100 enzymes, wound healing, cell division and
protein/DNA synthesis [53,81]. As an alloying element, zinc results in solid solution
hardening with magnesium and with other alloying elements, improves its strength and
corrosion resistance [55].
Zirconium: Zirconium has no known biological role and the human body contains, on
average, 1 milligram. As an alloying element, it imparts good corrosion resistance [63],
and grain-refinement to magnesium alloys. Due to similar lattice parameters (α-Zr: a =
0.323 nm, c = 0.514 nm and Mg: a = 0.320 nm, c = 0.520 nm), a zirconium-rich solid
solution is produced early in the freezing of the melt, which provide sites for
heterogeneous nucleation of magnesium grains during solidification.
Yttrium: Yttrium has no known biological role, but is found in the liver, kidney, spleen,
lungs, and bones [100], for a total amount of 0.5 milligrams in the entire human body. As
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an alloying element, yttrium has relatively high solubility in magnesium (12.4 wt%) and
is added with other rare elements to promote creep resistance at temperatures up to 300
o

C [55].
Table 1.2: Role of selected alloying elements and blood serum content [64,83,84,85]
Elements

Concentration in
Blood Serum, mmol/L

Calcium

1.3 mmol/L

Iron

0.005-0.023 mmol/L

Magnesium

0.73-1.06 mmol/L

Manganese

0.001 mmol/L

Rare earth metals

<0.047 mg

Gadolinium

-

Zinc

0.012–0.017 mmol/L

Zirconium

0.00011 mmol/L

1.5

Role
muscle contraction, blood vessel expansion and
contraction, insurance of maximum bone
strength and transmission of impulses
throughout the central nervous system
enables cell respiration, energy production,
production of red blood cells (haematopoiesis),
oxygen and carbon dioxide transport,
production of hemoglobin in RBC
required for more than 325 biochemical
reactions, regulate blood sugar level, keeps
heart rhythm steady, healthy immune system
and maintains bone and teeth health
required in enzymatic processes involved in the
synthesis of fatty acids and cholesterol,
synthesis of glycoproteins, which coat body
cells and protect against viruses
compound of drugs for cancer treatment
no known biological role, but is said to
stimulate the metabolism
required for more than 100 biochemical
reactions, wounds healing, DNA synthesis and
cell division
no known biological role and compounds are of
low toxicity

Research Objective
The current research focuses on the development of new biodegradable Mg

alloys, in an effort to improve the corrosion resistance, biocompatibility and mechanical
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properties. The alloys were subjected to anodization in order to reduce their initial
degradation rate. The following are the main objectives of current research:
•

Investigate the overall effect of the addition of alloying elements on
biocompatibility and mechanical properties.

•

Determine the role surface treatment on metallurgical and biocompatibility
properties.

A schematic representation of the research tasks conducted is shown in Figure 1.9.
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Figure 1.9: Schematic representation of the research summary.
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2.0

LITERATURE REVIEW

2.1

Biodegradable Magnesium - Current Research
Development of Mg based biodegradable alloys is a challenge due to limitations

of controlled and uniform degradation, as well as prolonged mechanical integrity in some
applications. The main function of a biodegradable alloy is continuous dissolution as new
tissue develops. As already discussed, Mg is one of the most suited candidates for this
application because of its degradation behavior and its assimilation in the human body as
an essential element. This has prompted a significant amount of research on the
development of biodegradable alloys consisting mainly of Mg in combination with other
potential elements in various compositions. Although advances have been made on the
rate of degradation of some alloys, there is still a dearth of information on their
biocompatibility. However, most Mg alloys have their own characteristic corrosion
behavior as a result of their unique microstructure or the existence of intermetallics.
Table 2.1, summarizes properties of selected Mg based alloys for biomedical
applications.
Pure magnesium (as-cast) has low overall yield strength (YS ~ 27 MPa), tensile
strength (TS ~ 90 MPa) and is easily susceptible to pitting corrosion, which can lead to
loss of mechanical integrity before the tissue has fully healed [115]. Alloying is one
method of preserving the mechanical integrity, corrosion resistance and biocompatibility
of Mg [66]. For biodegradable applications, the alloying element must be non-toxic and
biocompatible, so that once implanted the concentration of the dissolved ions do not
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exceed the concentration normally found in human blood or tissue depending on the
application. Tao et al. (2008) [87], manufactured Mg-6Zn-xCa (x=3, 5, 7.5, 10 weight
percentage, wt%) alloys by twin-roll rapid solidification that were subjected to rapid
solidification and annealing at 200 oC for 1 hour. A dendritic structure developed with a
grain size of 1-5 µm [87], which improved strength, creep resistance and moderate
ductility observed during age-hardening were attributed to the formation of various
phases such as: Mg2Ca, Mg2Zn3, MgZn2 and Ca2Mg6Zn3 [87]. Peng et al. (2009) [89]
prepared Mg12Gd4Y2Nd0.3Zn0.6Zr wt% alloy by casting technology and after age
hardening, were able to achieve improved mechanical properties (room temperature, YS
= 280 MPa and TS = 310 MPa) due to a microstructure composed of fine metastable
precipitates dispersed in the matrix. Enhanced mechanical properties were attributed to a
fine grain size of 70-100 µm and a stable microstructure, that consisted of fine
precipitates of β’-Mg15RE3, dispersed precipitates of Mg24RE5 (sheet-shaped) and
Mg5RE (polygon-shapes). Zhang et al. (2010) [90] manufactured MgZn alloys by
melting and casting, where α and γ-MgZn phases were observed to precipitate along the
grain boundary. Hort et al. (2010) investigated Mg2Gd, Mg5Gd, Mg10Gd, Mg15Gd (wt
%) manufactured by casting, where Gd was used to enhance the mechanical properties
[93]. The yield strength and tensile strength of the as-cast alloy (YS = 37.99-127.65 MPa
and TS = 103.73-175.22 MPa) increased with Gd content and solid solution formation
[93].
Bruno Zberg et al. (2009), used various compositions of Mg-Zn-Ca alloys
prepared by melt-spinning and determined various corrosion states [86]. The extended
solubility of Zn in the amorphous structure of Mg-Zn-Ca, displayed limited hydrogen
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evolution. This was confirmed by in vivo tests, where no inflammation was observed in
the animal (abdominal walls and cavities) [86]. Zhoui Tao et al., manufactured ternary
Mg-Zn-Ca alloys by twin-roll rapid solidification that were exposed to two different
treatments, rapid solidification and annealing at 200 oC for 1 hour, which exhibited a
dendritic structure with a grain size of 1-5 micrometer [87]. An increase in strength, creep
resistance and moderate ductility were reported, which could be attributed to the
formation of various phases such as: Mg2Ca, Mg2Zn3, MgZn2 and Ca2Mg6Zn3 during age
hardening [87].
Xinyu Ye et al. (2009) [88], fabricated Mg-Zn-Zr with 1 wt% nanohydroxyapatite (n-HA) as reinforcement by casting and without n-HA as a baseline. The
refined grains of the Mg–Zn–Zr matrix, 100–200 nm in size were obtained by extrusion
and dynamic recrystallization (Figure 2.1). The tests were conducted in simulated body
fluid (SBF), where a protective layer of Mg(OH)2.nH2O forms on the Mg alloy, which
prevents direct exposure of the medium on Mg. Thus, the alloy degrades at a controlled
rate. The formation of a protective layer on the samples leads to continuous absorption of
acid ions in SBF (CO32-, PO43- and Cl-) [88]. The reinforced Mg alloy exhibited enhanced
corrosion resistance and in vitro cytocompatibility, where n-HA particles adsorb acid
ions, which also form a new protective layer that essentially prevents pitting corrosion.
The average corrosion rate in SBF after immersion test for 20 days was 0.75 mm/year
and maximum osteoblast cell density achieved after 5 days was (1.85+0.15)X104/l.
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Figure 2.1: TEM micrograph of extruded composite after aging: (a) refined grains, 100200 nm; and (b) nano-rods distributed in the grain boundaries [88].
Qiuming Peng et al. (2009) [89] manufactured Mg-12Gd-4Y-2Nd-0.3Zn-0.6Zr
(wt%) alloy by casting technology and after age hardening were able to achieve high
mechanical properties (see Table 2.1) due to fine microstructure,

fine metastable

precipitates and dispersed precipitates in the matrix. Figure 2.2 shows the effect of solid
solution time on grain size and hardness [89]. The enhanced mechanical properties were
attributed to the fine grain size and stable microstructure, composed of fine precipitates of
β’-Mg15RE3 and dispersed precipitates Mg24RE5 (sheet-shaped) and Mg5RE (polygonshaped).
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Figure 2.2: The solid solution time effect on grain size and hardness at 525 oC [89].
Shaoxiang Zhang et al. (2010) [90] manufactured Mg-Zn alloys by melting and
casting, and the observed that α-matrix and γ-MgZn phases precipitated along the grain
boundary. It was also reported that after solid solution treatment, the γ phase disappeared
and a refined microstructure was achieved to which the improved mechanical properties
were attributed (Table 1.2). The alloying element, Zn increased the corrosion potential of
the alloy. In-vivo test with the alloys (femoral shaft) in rabbits had a degradation rate of
2.32 mm/year. It was further reported that degradation products of these alloys exhibited
no adverse effect on the heart, kidney, liver and spleen.
Fe and Mg are almost insoluble in each other due to the disparity in their atomic
radii [91]. According to Haitani et al., the maximum solubility of Fe in Mg is
approximately 0.00041 at% Fe and the Fe concentration at the eutectic point is estimated
to be less than 0.008 at% [92]. The manufacture of alloys with different compositions of
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Fe and Mg were attempted. However, by using a high temperature and a relatively
moderate pressure (20 GPa), it was possible to synthesize a homogeneous Fe-Mg alloy
with up to 4 at% Mg. It was assumed that an increase in the percentage of Fe in Mg
would enhance the biodegrade ability of the alloy with no or minimal toxicity.
Hort et al. (2010) used Gd to enhance the mechanical properties of Mg alloys. In
their investigation, alloys of different compositions in wt% (Mg-2Gd, Mg-5Gd, Mg10Gd, Mg-15Gd) were manufactured by casting [93]. It was reported that about 10% of
the rare earth elements were lost during melting and casting, which is referred to as
“melting loss” [93,94,95]. Gd has a higher affinity to form oxides such as Gd2O3 and or
the spinel, MgGd2O4 as compared with Mg [96,97]. The formation of this layer can
further prevent oxidation, because as previously discussed, Mg with a lower affinity for
oxide formation as compared with most rare earth elements is restricted from oxidation
[93]. The mechanical properties (tensile and yield strength) and corrosion resistance
increase with Gd content up to 10 wt%, in the α-matrix of the solid solution (Table 2.1).
As shown in Figure 2.3, an increase in Gd of upto 10 wt% results in a decrease in
corrosion rate as well as hydrogen evolution. However, at 15 wt% Gd, both corrosion rate
and hydrogen evolution increased substantially. Gd leads to potential fatal conditions to
the patients with kidney disease called nephrogenic systemic fibrosis (NSF), which can
lead to Gd renal failure.
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Figure 2.3: Corrosion rates variation with concentration of Gd in Mg [93].

Witte et al. (2005) implanted four alloys (AZ31, AZ91, WE43 and LAE442)
manufactured by gravity casting in 40 female Dunkin Hartley guinea pigs and observed
non-uniform corrosion in all magnesium alloys as compared with SR-PLA96 polymer
[98]. During in-vivo testing, it was observed that a layer of calcium ions replaced the
corroded mass of the alloys. This was accompanied by an increase in bone growth as
compared to SR-PLA96 [98]. Figure 2.4 shows the new bone formation with Mg alloys
primarily in the periosteal and endosteal areas of bones [98]. Overall response from
biodegradable materials is with time when the tissue/bone heals and mechanical
properties of the material decreases.
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Figure 2.4: Flouroscopic images of cross-sections of: (a) degradable polymer and (b)
magnesium rod in a guinea pig femura, performed 10 mm below trochanter. The
specimens were harvested 18 weeks postoperatively and images were taken in-vivo by
staining the new bone with calcein green . Bar =1.5mm; I=implant residual;
P=periosteal bone formation; E=endosteal bone formation [98].
Zhang et al. (2008) [99] manufactured Mg-1Zn-0.8Mn (wt%) by extrusion
process and implanted in the femora of the rat. A non-uniform degradation of an implant
was reported with no gas bubbles where 55% of the implant was degraded after 26
weeks. It was observed that with the increase in implantation time, more bone tissues
were grown and no fibrous capsules nor macrophage were found around the implant [99].
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Table 2.1: Summary of (approximate) properties of some of the potential Mg based alloys for bone and stent applications.
[64,65,79,83,86,88,90,93,115]

Material

Young’s Modulus

Elongation

Tensile

Corrosion Rate

(GPa)

(%)

(MPa)

(mm/year)

1.07-2.10

35-283

12

830-1025

30-40

480-620

Cortical Bone
Titanium (TiAl6V4, cast)
Stainless Steel 316L
Mg-0.8Ca

428

Mg2Gd (as Casted)

6.362

103.73

13.5

Mg-5Gd (as Casted)

6.620

128.468

5

Mg-10Gd (as Casted)

2.500

131.152

1

Mg-15Gd (as Casted)

0.950

175.220

17

Mg-28Zn-5Ca

48

675-894

WE43 (crystalline)

44

270

ZQCa3 (crystalline)

44

250

ZK31 (crystalline)

44

300

AZ31/gravity-cast

15

260

-

AZ91D/gravity-cast

3

230

2.8

WE43/gravity cast

2

220

-

-

6.9

325

1.25

LAE442/gravity cast
MMC-HA/as extruded

3.5
25

Young’s Modulus

Elongation

Tensile

Corrosion Rate

(GPa)

(%)

(MPa)

(mm/year)

7.3

380

-

10.63

239.63

1.74

3

166.7

1.63

1.87

71.38

12.56

Mg as rolled

12

172

0.84

Mg-1Mn as rolled

3.9

170

0.45

Mg-1Y as rolled

9.2

200

1.65

Mg-1Zn as rolled

7

240

0.92

Mg-1Zr as rolled

17.5

185

0.91

Mg-7Gd

5.2

145

Mg-7Gd-3Y

8.4

253

Mg-7Gd-5Y

5.4

258

Material
Mg-2Ca/rapidly solidification
Mg-1Ca/as extruded
Mg-1Ca/as rolled
Mg-1Ca/as cast

Mg-Zn-Zr/nHA
Mg-6Zn
Mg-Mn-Zn
Mg-Zn-Mn

0.75
42.3+0.1

18.8+0.8

279.5+2.3

44

20

280

21.8+0.6

280.3+0.9

2.8

310

Mg-12Gd-4Y-2Nd-0.3Zn-0.6Zr
(RT) T6

26

0.16

Figure
F
2.5: Schematic
S
reepresentation of (approxximate) propperties of pottential Mg bbased
allloys for biomedical app
plications (coorrosion rate
te (CR), mm/y
/year)
[64,65,7
79,83,86,88, 90,93,115].
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3.0

MATERIALS AN
ND METHO
ODS

3.1

Synth
hesis of Mg Biodegrada
B
able Materiaals
This chapter
c
prov
vides inform
mation on thhe synthesiss of Mg allloys and vaarious

ex
xperimental techniques used in thiss investigatiion. The allooys were reeceived from
m two
so
ources, ACI Alloys and
a
Brunel Centre forr Advancedd Solidificattion Technoology
(B
BCAST) at Brunel Univ
versity Lond
don. ACI allloys were m
manufactured by meltinng the
o
ellements at 1000
1
C und
der an inert atmospheree (Argon) annd casting inn a water coooled

co
opper mould
d. The ramp
p-up time fro
om room tem
mperature too melting teemperature w
was 1
minute
m
and allloys were fu
urther heat trreated at 3500 oC and watter quenchedd.
The alloys
a
receiv
ved from Bru
unel were m
manufacturedd by heatingg in an elecctrical
reesistance furrnace, and melted
m
in a steel crucibble under ineert atmosphere (99.6% N2 +
0.4% SF6). The
T mixing process
p
wass conducted for three tiimes, at 20 minute interrvals,
with
w mixing for 3 to 4 minutes.
m
The standard ttest proceduure-1 (TP-1) 660 oC sam
mples
were
w
produceed. Figure 3..1 shows thee schematic for the alloyy preparatioon [37] and T
Table
3.1 shows thee nominal an
nd analyzed composition
c
ns of the matterials in wt%
%.

Figure 3.1: Schematicc representa
ation of Brunnel alloy mannufacturing process [37]
7].
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Table 3.1: Nominal and analyzed compositions of the materials in weight percentage (wt%)
Nominal

Composition
Elements

Analyzed

Mg

Zn

Ca

HA

Gd

O

Mg

Zn

Ca

HA

Gd

O

Mg1Zn (ACI)

Balance

1

NA

NA

NA

NA

Balance

0.71

NA

NA

NA

12.59

Mg1Zn1Ca (ACI)

Balance

1

1

NA

NA

NA

Balance

0.77

1.19

NA

NA

7.49

Mg1Zn1Ca8Gd (ACI)

Balance

1

1

NA

8

NA

Balance

1.01

0.76

NA

5.08

0.81

Mg1Zn1Ca

Balance

1

1

NA

NA

NA

Balance

1.62

0.37

NA

NA

2.28

Mg1Zn1Ca1HA

Balance

1

1

1

NA

NA

Balance

1.80

1.38

No Analysis

NA

4.88

Mg1Zn1Ca3HA

Balance

1

1

3

NA

NA

Balance

1.38

1.53

No Analysis

NA

1.93

Mg5Zn1Ca

Balance

5

1

NA

NA

NA

Balance

1.77

0.99

NA

NA

2.26

Mg5Zn1Ca1HA

Balance

5

1

1

NA

NA

Balance

5.03

1.09

No Analysis

NA

1.81

Mg5Zn1Ca3HA

Balance

5

1

3

NA

NA

Balance

5.17

1.04

No Analysis

NA

2.18
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3.2

Sample Preparation
The ingots were cut into cubes of dimensions 0.414 x 0.414 x 0.08 (inch) using a

linear precision saw (ISOMET 4000). Each cube was mounted into epoxy resin with an
exposed working area of 0.414 x 0.414 (inch), which were then mechanically polished to
achieve a roughness close to 0.05 microns using abrasives, abrasive papers (Buehler) and
lubricants (Sigma-Aldrich). Samples were polished in four steps as shown in Table 3.2.
The usage of water based solutions was avoided during sample preparation, in order to
prevent the hydrolysis of the alloy.
Table 3.2: Lubricants and abrasives used during sample preparation
Surface

Lubricant

Abrasive

Carbimet®

Ethanol

SiC, 400 grit

Texmet®

Ethanol-Ethylene Glycol (3:1)

Metadi® Paste, 9 µm

Texmet®

Ethanol-Ethylene Glycol (3:1)

Metadi® Paste, 3 µm

Chemomet®

Ethanol

Masterpolish®, 0.05 µm

Anodizing is an important surface treatment for Mg alloys, which can efficiently
reduce the corrosion rate. Anodizing mainly develops a passivation oxide layer on the
surface of the alloys. The firmness of the surface oxide layer directly affects the
biocompatibility of the implant as it acts as a barrier between the bulk and the electrolyte,
which further confines the ion exchange and increases the implant stability [111].
Furthermore, anodizing is selected as a coating process in this study because: (a) the
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an
nodized coaating is hard
d compared with
w other cconventionall coatings; aand (b) is poorous
(sstructure sim
milar to cancellous micrrostructure oof a bone), which mayy be favorabble to
bone tissue [114]. Anoth
her advantag
ge of anodizzing is that it can offerr a very effeective
prrotection to Mg implantts before thee surgery reggion has heaaled after w
which, the cooating
will
w break dow
wn enabling
g the implantt to be dissollved graduallly.
In this study, each alloy was anodized bby Electrobriight® (Macuungie, PA, U
USA).
The
T electroly
ytes used du
uring the prrocess were organic accids and higgh chain alccohol.
Because
B
of itss proprietary
y nature of th
he process, nno further innformation oon the electroolytes
used has been
n disclosed by
b Electrobriight®. Figuree 3.2 shows the typical aanodizing seetup.

Figure 3.2:: Typical anoodization settup.
3.3

Reag
gents
Phosp
phate Bufferred Saline (PBS),
(
a reaagent grade solution coonforming to the

pecificationss of the Co
ommittee on
n Analyticall Reagents of the Am
merican Chem
mical
sp
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Society was used as the standard test solution for corrosion analysis. PBS (Sigma
Aldrich) and three amino acids (Acros Organics), cysteine C (0.25 mM), glutamine Q
(0.568 mM) and tryptophan W (0.042 mM) were used as electrolytes for corrosion
studies, with the latter at concentrations typically found in human blood [104].
Additionally, ethyl alcohol (99.9%) and chromic acid were purchased from Sigma
Aldrich. The samples were ultrasonically cleaned in ethyl alcohol for 5 minutes, prior to
conducting each test. Chromic acid was used to remove the oxides from the samples
attained by immersing them in 180 g/l of chromic acid for 20 min. Table 3.3 shows the
chemical composition of PBS solution used in this investigation.
Table 3.3: Chemical composition of PBS solution in g/L.
NaCl

Na2HPO4

NaHCO3

KCl

KH2PO4

MgSiO4

8.0

0.06

0.35

0.4

0.06

0.2
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7H2O

CaCl2
0.14

4.0

ELECTROCHEMICAL STUDIES

4.1

Corrosion Behavior of Medical Implants
Corrosion is defined as a destructive attack on the surface of a material as a result

of an electrochemical reaction with its environment. Electrochemical deterioration occurs
as positive ions are released from the anode as electrons flow towards the cathode
[139,155]. Typical anodic and cathodic reactions are shown below [68,139,156].
Mn+ + ne-

M

(1)

O2 + 2H2O + 2e-

4OH-

pH ≥ 7

(2)

O2 + 4H+ + 2e-

2H2O pH < 7

(3)

Equation (1) represents the oxidation of a metal; equation (2) is the reduction
process in neutral or basic conditions; and equation (3) is also a reduction process in
acidic conditions.
Pitting corrosion is one of the most common forms of corrosion in implants,
where intense attack occurs at localized sites while the remainder of the surface corrodes
at a much lower rate, either because of the formation of a protective oxide layer or due to
some physiological conditions. Some other contributing factors to pitting are caused by
the presence of reactive sites, on the surface that are more anodic or cathodic.
4.2

Magnesium – Corrosion Mechanism
Equilibria between metal and solution can be illustrated via the Eh-pH (Pourbaix)

diagrams. The first extensive use of such diagrams was made by Marcel Pourbaix while
describing the thermodynamics of metallic corrosion. The Eh-pH diagram primarily
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describes the equilibrium conditions in terms of two variables, a single electrode
(reduction) potential and pH, under which dissolved ions are in equilibrium with the
metal/metallic phases. Diagrams are drawn with contour lines depicting solution
composition, such as metal ion concentration at 25° C or some higher temperature. The
lines on an Eh-pH diagram are computed from the general equilibria equation:
+

+

+

⇋

+

(1)

For which the equilibrium (reversible) single electrode potential can be written as:
( )

=

( )-

(2)

In fatigue analysis, there is no endurance limit for Mg and its alloys. Under
corrosive conditions, this phenomenon is more pronounced and the slope of the fatigue
curve depends on the environment and the alloy composition [58]. Corrosion is generally
unwanted in engineering and science applications, whereas in the case of biodegradable
implants, this phenomenon could revolutionize the biomedical industry if the degradation
rate could be controlled. Mg is susceptible to oxidation at room temperature, which
produces a passivation oxide layer. Mg standard electrode potential is -2.37 V as
compared with the standard hydrogen electrode. In the presence of moisture, Mg oxide is
converted to Mg hydroxide. The immunity region of Mg oxide in the Eh-pH diagram
falls below the region of water stability, which is indicative of its vulnerability to
corrosion [55,59]. At potentials above -2.37 V and pH value below 11, Mg corrodes
producing Mg+2 and H2 [55,59] as shown in Figure 4.1. At pH values between 8.5 and
12.5, a protective layer (MgO and Mg(OH2)) is formed [55]. It has been reported that
these protective or passivating layers can promote osteoinductivity and osteoconductivity
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[6
60]. Generaally, the degrradation ratee of Mg alloyys depends oon their com
mposition, suurface
ro
oughness, morphology,
m
surface
s
energ
gy and the eenvironment into which tthey are placced.
The most imporrtant requirrement for biodegradaable alloys is its uniiform
degradation, which neceessitates a fiine grained material. Tuunold et al. (1977) repported
trransgranular corrosion of
o pure comm
mercial Mg, whereas M
Mg alloys havve been show
wn to
ex
xhibit uniforrm corrosion
n [61,62].

Figure
F
4.1: Potential-pH
P
H (Pourbaix) diagram forr Mg-zinc inn water at 255 °C, showinng the
theoreticall domains off corrosion, iimmunity annd passivatioon.

Neverrtheless, corrrosive attacck often invvolves microo galvanic ccoupling bettween
caathodic and anodic sitess. The overalll corrosion reaction of M
Mg in aqueoous environm
ments
iss given below
w [63,64]:
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Mg ( s ) + 2 H 2O( aq ) → Mg (OH ) 2( s ) + H 2( g )

(1)

This overall reaction may include the following partial reactions:

Mg(s) → Mg(2aq+ ) + 2e− (anodic reaction, -2.37 V)

(2)

2H 2O(aq) + 2e− → H 2(g) + 2OH(−aq) (cathodic reaction, -0.83 V)

(3)

Mg(2aq+ ) + 2OH(−aq) → Mg(OH)2(s) (product formation, -2.69 V)

(4)

The presence of chloride ions (Cl-) transforms Mg(OH)2 into soluble MgCl2 (see equation
5), resulting in excess OH- ions in the solution [65].
Mg (OH ) 2 + 2Cl − = MgCl 2 + 2OH −

(5)

MgCl 2 + 2 H 2 O = Mg (OH ) 2 + 2 HCl

(6)

However, MgCl2 is water soluble and hydrolyzed in accordance with equation (6).
The reaction undermines the integrity of the Mg(OH)2 layer. Pitting corrosion occurs
when Cl- ions diffuse through a breach in the passivating layer, which accelerates the
corrosion of Mg alloys. The reduction process of hydrogen overvoltage of the cathodic
phase plays an important role in corrosion, whereas with Mg a low overvoltage cathode
facilitates hydrogen evolution and alkalization of solution, causing a substantial corrosion
rate [63,64].
The H+ ions from equation (6) combine with Cl- producing HCl, which accelerate
the dissolution of the metal, producing MgCl2. This process repeats itself in an
autocatalytic manner, producing pits.
Alloying is one method of improving the mechanical properties and corrosion
resistance of Mg [66]. For bioabsorbable applications, the alloying element must be non-
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toxic and biocompatible, so that the concentration of the dissolved ions once implanted,
would not substantially exceed the concentration normally found in human blood. The
hydrogen evolved from corroding Mg implants have been reported to form gas pockets
adjacent to the implant, which delays the healing of tissues in the surgery region, leading
to necrosis. The gas pockets can cause separation of tissues and tissue layers [121].
Huntsman et al. in 1960 reported the presence of magnesium (Mg2+) and calcium
ions (Ca2+), both competing for reactive sites with clotting factors, which lead to the
prolonged clotting time [67]. Ca2+ is an efficient catalyst in the clotting of blood, but the
addition of Mg2+ competes with Ca2+, so that a sub-optimal amount of Ca2+ is available to
bind with all reaction sites during the clotting process. Figure 4.2 [67] depicts the optimal
concentration of Ca2+ and Mg2+ ions as a function of clotting time of human plasma.

Ca2+ ↔ Mg 2+ → clotting molecules → prolongs thrombosis

The relevance of this plot in predicting clotting time will be discussed in section
4.5, with regard to our alloys based upon the concentration of Ca++ and Mg++ measured
by Inductively Coupled Mass Spectroscopy (ICP-MS) analyses of the electrolyte after
corrosion.
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Figure 4.2: Ca2+ and Mg2+ concentration as a function of clotting time of human plasma
[67].
4.3

Factors Affecting Corrosion
The most important requirement of a biodegradable implant is its degradation

properties in a given biological environment, which are influenced by various intrinsic
and extrinsic factors. Intrinsic factors include: chemical composition, microstructure,
surface energy, wettability, thickness and stability of the passivating oxide film. Extrinsic
factors include: temperature, pH, dissolved oxygen content, amino acids, biomolecules
and chloride ions in the surrounding environment [68]. Tissue fluids in the human body
also present a very corrosive environment for implant devices. Furthermore, the
regeneration of a passivating oxide film is delayed since the concentration of dissolved
oxygen in body fluids is approximately one fourth of that in air. Additionally, the
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co
oncentration
n of Cl- ions (the prime species
s
in thee initiation oof pitting corrrosion) in sserum
an
nd interstitiaal fluid is 11
13 and 117 mEq/L resppectively [688]. As previoously mentiooned,
Cl
C - ions indu
uce pitting corrosion
c
att sites wheree the passivve film is bbreached. Thhis is
fo
ollowed by the propagaation of the pit, at a ratte that occassionally incrreases with time,
because of th
he increasing
g acidity insside the pit. In addition to inorganicc species in body
flluid, differen
nt types of biomoleculees and cells may attachh to the impplant surfacee and
afffect its surfface chemistrry.
The study of deg
gradation of Mg based iimplants is a quite com
mplicated subbject.
This
T
is partly
y attributed to the inherrent stochasstic nature oof corrosion. Figure 4.33 (not
drrawn to scaale) is a sch
hematic reprresentation of the extriinsic factorss that effectts the
degradation, biocompatib
b
bility and meechanical prooperties of bbiodegradablle implants.

Figurre 4.3: Facto
ors affecting
g the corrosioon behavior of implant m
materials.
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4.3.1 Pilling-Bedworth Ratio
Thermodynamics is the driving force for corrosion, where a negative change in
Gibb’s free energy (-∆G) indicates the tendency of reaction to occur, in this case the
formation of oxides. The Pilling-Bedworth ratio (RPB ratio), in the corrosion of metals, is
the ratio of the volume of the elementary cell of a metal oxide to the volume of the
elementary cell of the corresponding metal (from which the oxide is created). It describes
the type of oxide film (passivating film) that will form on the surface of metals during the
process of oxidation, which can further predict the stability of the oxides.
=(

.

)/(

.

)

where: RPB is the Pilling-Bedworth ratio, M is the atomic or molecular mass, n is
number of atoms of metal per one molecule of the oxide, ρ is the density, and V is the
molar volume.
RPB < 1: Oxide coating layer is too thin, likely broken and provides no protective effect
(tensile stresses in oxide film → brittle oxide cracks)
RPB > 2: Oxide coating chips off and provides no protective effect (large compressive
stresses in oxide film → oxide cracks)
1 < RPB < 2: Oxide coating is passivating and provides a protecting effect against further
surface oxidation (compressive stresses in oxide film → uniformly cover metal surface
and is protective).
Table 4.1 shows the Pilling-Bedworth ratios depicting the light metal (porous
oxides) and heavy metal (non-porous oxides) oxides. The surface oxides of Mg and Ca
are less stable as compared with those of Zn and Gd.
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Table 4.1: Calculated Pilling-Bedworth ratio for the elements used in this investigation
Oxides

RPB

MgO

0.80505

ZnO

1.5852

CaO

0.6474

Gd2O3

1.2293

4.3.2 Corrosion Kinetics
Three equations generally describe the mode by which metals oxidize: (a) linear;
(b) parabolic; and (c) logarithmic equations [157,158].

y = K1t + A1

(Linear equation)

y 2 = K 2 t + A2

(Parabolic equation)

y = K 3 log( A3 t + c )

(Logarithmic equation)

where: y is film thickness, t is time, and K, A and c are constants.
The parabolic rate law may be attributed to a mechanism involving diffusion of
solvent ions through a porous film (passivating) that is produced during the course of the
corrosion reaction, which retards its rate. The rate-determining step is diffusion through a
passivating film, thickness of film increases in proportion to the extent of corrosion. In
the case of linear oxidation the formation of highly porous, poorly adherent and fractured
non-protective oxide layers do not retard the rate of corrosion [158]. On the other hand,
the slow leaching of ions from an implant may be due to the nature of the solute atoms
(impurities) present in the alloy or on the adsorption of proteins on the surface of an
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im
mplant. How
wever, transp
portation of ions from thhe liquid phase occupying pores thrrough
th
he film or paassivating laayer, is parab
bolically ratte controlledd with low aactivation ennergy.
The
T actual ratte determining step may
y be either diiffusion of a reactant species towardds the
metal
m
interfaace or diffussion of a corrosion
c
prooduct throuugh the outeer passivatioon or
prrotein film surfaces.
s
The rate of oxiidation or coorrosion willl depend on the pore voolume
an
nd the “tortu
uosity” of thee pores as well
w as the fillm thicknesss.
4.4

Corro
osion Testin
ng
The co
orrosion beh
havior of bio
odegradable implants is oone of the m
major contribbuting

faactors on their failure. In
I order to better underrstand the ccorrosion phhenomenon, three
different tech
hniques weree adopted as shown in Fiigure 4.4.

Figure 4.4
4: Classificattion of three different tecchniques useed for corrossion studies ffor
magnesium
m
a lloys.
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4.4.1

Electrrochemical Test
A potentiostat is used
u
to study
y the electroochemical beehavior of a material. This is

material by m
maintaining iit at a
often used to measure the corrosion properties oof a given m
co
onstant poteential or by
y varying it as a functiion of time with respeect to a stanndard
reeference electrode. The resulting current
c
betw
ween the woorking electrrode and coounter
ellectrode serv
ves as a meaasure of the corrosion raate. A schem
matic diagram
m illustratinng the
co
onnections made
m
during corrosion measurement
m
t is shown inn Figure 4.5.

Figuree 4.5: Potenttiostat corrossion cell arrrangement.
A typical three electrode (w
working, ccounter andd reference)) corrosion cell
in
nterphased with
w
a poten
ntiostat (GA
AMRY®) waas used, in which the implant maaterial
(w
working elecctrode) is placed in deaaerated simuulated physiiological sollution (PBS)) and
PBS containiing amino acids
a
(PBS+
+C, PBS+Q
Q, PBS+W). The potenntial betweenn the
working
w
elecctrode and the
t referencce electrode (saturated calomel eleectrode, SC
CE) is
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increased in the positive direction. The current flowing between the working electrode
and the counter electrode (platinum) is measured on a high impedance ammeter. The data
is plotted with the current density in A/cm2 on the x axis (logarithmic axis) versus the
potential in V on the y axis (linear axis).
The potentiodynamic polarization tests were performed in accordance with
ASTM: G 102-89 [160] and electrochemical impedance spectroscopy (EIS) tests were
performed in accordance with ASTM G 3-89 at 37 °C employing a GAMRY®
potentiostat (G-750). Potentiodynamic polarization tests were conducted at a scan rate of
1.0 mV/s. The electrolyte was purged with high purity nitrogen for 30 minutes prior to
immersion of the sample, as well as continuously during the corrosion test.
EIS tests were conducted in PBS under high purity nitrogen to determine the
effect of alloying elements on the charge transfer resistance and were conducted in the
frequency range from 1.0E-02 Hz to 1.0E+05 Hz with 10 points per decade. Figure 4.6
shows schematic representation of the corrosion cell kit used in this investigation.
Faraday’s law was used to calculate the corrosion rate (CR), in terms of penetration rate
of the alloys, determined by:
=

. .
.

where, Icorr is the corrosion current (amps), K is a constant for the corrosion rate (3272
mm/amp.cm.year), EW is the equivalent weight in grams/equivalent, A is the sample area
(0.28 cm2) and ρ is the density (g/cm3) of the alloys calculated by Archimedes principal
(see section 5.3).
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Fiigure 4.6: MPM
M
custom corrosion ceell kit.
4.4.2 Immerssion Test
Immersion tests were
w
perform
med in accorrdance with A
ASTM G31-72 [161]. F
Figure
4.7 shows a schematic reepresentation of the imm
mersion testt setup, wheere samples were
placed at the bottom of a beaker filleed with PBS , with a funnnel placed aabove the sam
mple.
A solution fillled measuriing cylinderr was placedd over the fuunnel to collect and meeasure
th
he hydrogen gas evolved
d as the solu
ution was dissplaced. Thee samples weere soaked inn 300
mL
m of PBS for
f 192 hou
urs (8 days) at 37 oC. T
The hydrogeen evolutionn (per squarre cm
su
urface area), weight gaiin and corro
osion rate w
were evaluateed during thhe experimennt by
taaking the average of threee measurem
ments. The vvolume of teest solution w
was large ennough
to
o avoid any
y appreciab
ble change in its corroosivity duriing the testt, either thrrough
ex
xhaustion off corrosive constituents
c
or by accum
mulation of ccorrosive prooducts that m
might
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affect further corrosion [161]. The samples were weighed before and after 24, 48, 72, 96,
120, 144, 168 and 192 hours. For each time interval, the sample was removed from the
PBS, rinsed in distilled water, air dried and then weighed. Once the immersion test was
completed, the samples were cleaned by immersing in 180 g/l of chromic acid for 20 min.
The weight gain in grams was calculated as follows [161, 162]:

ℎ

=

ℎ

=

ℎ

−

ℎ

ℎ

−

ℎ

The corrosion rates were also calculated from the quantity of hydrogen evolved
and weight change during the immersion test. The corrosion rate (CR, mm/year) was
calculated as follows:
=

. 10

where, t is a constant (8760 h), W is mass loss, g (mass before immersion - mass
after cleaning)/surface area, A is the surface area before immersion (cm2), T is the
immersion time (h) and ρ is the sample density (g/cm3).
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Figure 4.7:: Schematic representatiion of immerrsion test settup.
4.5

Corro
osion Results and Discu
ussion

on Test
4.5.1 Potenttiodynamic Polarizatio
Figuree 4.8 showss typical pottentiodynam
mic polarizattion curves for mechaniically
mples. A Taffel fit was employed
e
too analyze thee polarizatioon curves, w
where
polished sam
n 0.001 - 0.002 A/cm2 annd corrosionn potential raanged
passivation control occurrred between
between -1.3 to -1.6. Thee jagged ano
odic curves w
were indicattive of continnuous breakddown
(p
pitting corro
osion) and passivation
p
[158,163]. T
The additionn of alloyinng elements zinc,
caalcium, hyd
droxyapatite and gadolin
nium exhibiited improvved corrosioon resistancee and
in
nfluenced the quantity and
a distributiion of binaryy and ternarry phases. Thhese phases have
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been reported to enhance the corrosion properties of the alloys. The corrosion parameters
of the alloys in PBS are shown in Table 4.2.

Figure 4.8: Typical potentiodynamic polarization curves of mechanically polished Mg
samples in PBS at 37 oC.
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Table 4.2: Average potentiodynamic polarization data for mechanically polished samples
in PBS at 37 oC
Samples (MP)

Ecorr (V)

Icorr (µA)

Corr Rate (mm/year)

Mg1Zn (ACI)
Mg1Zn1Ca (ACI)
Mg1Zn1Ca8Gd (ACI)
Mg1Zn1Ca
Mg1Zn1Ca1HA
Mg1Zn1Ca3HA
Mg5Zn1Ca
Mg5Zn1Ca1HA
Mg5Zn1Ca3HA

-1.43
-1.54
-1.54
-1.40
-1.57
-1.38
-1.40
-1.55
-1.49

72.35
159.33
283.33
26.35
256
213
133.05
27.02
169.05

5.90
12.98
23.61
2.51
20.86
17.41
10.9
2.2
13.78

The effect of amino acids on degradation behavior of Mg alloys was also studied
at 37 oC by employing concentrations of amino acids typically found in the human blood
(C = 0.25 mM; Q = 0.568 mM and W = 0.042 mM). The corrosion parameters of the
samples in PBS and PBS with amino acids are shown in Table 4.3 (polarization curves,
Figure 4.9). Mg1Zn had the lowest corrosion rate in PBS (5.90 mm/year) and exhibited
the highest corrosion rate in PBS+Q (66.65 mm/year). A similar trend was observed with
the remainder of the alloys, where the corrosion rate increased in PBS with amino acids.
Pound (2010) reported that amino acids in PBS increased the pitting susceptibility of
Nitinol alloys [164], and attributed it to the acid-base/polarity nature of amino acids.
Also, with titanium alloys, it was reported that amino acids are readily adsorbed onto the
surface of TiO2 via their carboxyl groups by replacing the basic hydroxyl group on a Ti
site [10,158,165].
The ions released from implant materials into the human body are influenced by
their composition as well as the environment into which they are placed. Amino acids are
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essential building blocks in an immense array of macromolecules present in most
organisms including blood; the general structure is R–CH(NH2)–COOH [104,158].
Amino acids have a zwitterionic or ampholyte character, which are important for the
adsorption process. The susceptibility to corrosion of Mg alloys can be influenced by the
presence of amino acids. However, the change in susceptibility is dependent on the type
of amino acid. Amino acids exhibit either acid-base/polar or non-polar properties. For
example, cysteine, C (neutral/slightly polar), glutamine, Q (neutral/polar) and tryptophan,
W (neutral/slightly polar).

Figure 4.9: Typical potentiodynamic polarization curves of mechanically polished Mg
alloys in PBS containing amino acids at 37 oC.
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Table 4.3: Average potentiodynamic polarization data from three test values in PBS and
PBS containing amino acids
Samples, MP

Ecorr (V)

Icorr (µA)

Corr Rate (mm/year)

Mg1Zn, PBS

-1.43

72.35

5.90

Mg1Zn, PBS+C

-1.68

648.0

52.91

Mg1Zn, PBS+Q

-1.66

816.0

66.65

Mg1Zn, PBS+W

-1.73

416.5

34.02

Mg1Zn1Ca, PBS

-1.54

159.3

12.98

Mg1Zn1Ca, PBS+C

-1.71

335.5

27.33

Mg1Zn1Ca, PBS+Q

-1.61

538.5

43.87

Mg1Zn1Ca, PBS+W

-1.65

391.5

31.915

Mg1Zn1Ca8Gd, PBS

-1.54

283.3

23.61

Mg1Zn1Ca8Gd, PBS+C

-1.61

1345.5

141.80

Mg1Zn1Ca8Gd, PBS+Q

-1.59

538.5

44.82

Mg1Zn1Ca8Gd, PBS+W

-1.63

756.5

62.10

In order to decrease the corrosion rates and to increase the initial stability, the
alloys were anodized, during which an oxide layer (magnesium oxides/hydroxides)
develops on the surface of the alloy forming a passivating film of approximately 4-6 μm
thick. Ling-Ling et al. (2008) investigated anodized AZ91 magnesium alloy and reported
an increase in corrosion resistance due to the anodic film, which increased with an
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optimal treatment time of 40 minutes [166]. The anodized coating is relatively harder
than other conversion coatings or fluoridated coatings which imparts high wear
resistances. Furthermore, anodized surfaces are porous (similar to the bone
microstructure) [114]. Another attractive feature of anodized coatings is that they can
offer very effective protection to before the surgery region has healed. Subsequent
degradation enables the implant to dissolve gradually [114]. Figure 4.10 shows the
potentiodynamic polarization curves of anodized Mg alloys. The corrosion parameters
obtained from Tafel interpolation are shown in Table 4.4.

Figure 4.10: Typical potentiodynamic polarization curves of anodized Mg samples in
PBS at 37 oC.
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Table 4.4: Average potentiodynamic polarization data for anodized samples in PBS at 37
o
C
Anodized Samples

Ecorr (V)

Icorr (µA)

Corr Rate (mm/year)

Mg1Zn (ACI)

-1.770

84.20

3.85

Mg1Zn1Ca (ACI)

-1.820

58.60

2.68

Mg1Zn1Ca8Gd (ACI)

-1.610

17.00

0.79

Mg1Zn1Ca

-1.800

167.0

7.61

Mg1Zn1Ca1HA

-1.750

38.40

1.76

Mg1Zn1Ca3HA

-1.970

83.60

3.82

Mg5Zn1Ca

-1.480

3.800

0.17

Mg5Zn1Ca1HA

-1.800

30.00

1.65

Mg5Zn1Ca3HA

-1.62

555.0

24.64

In order to illustrate the effect of anodizing on corrosion rates determined by
potentiodynamic polarization, a histogram of the corrosion rates of both mechanically
polished and anodized samples are shown in Figure 4.11. The corrosion rate of most of
the alloys decreased drastically with anodization. Mg5Zn1Ca3HA and Mg1Zn displayed
an increase in corrosion rate after anodizing; this can be attributed to the type of
passivation layer generated. As was previously discussed in section 4.3, the addition of a
lighter metal such as Ca produces porous oxides, which allow the electrolyte to come into
contact with the metal as exhibited with Mg1Zn1Ca and Mg5Zn1Ca3HA. In the case of
Mg1Zn1Ca, the increase in corrosion rate with anodization was due to a different
manufacturing process and heat treatment.
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Figure 4.11:
4
Compa
arison of corrrosion ratess between meechanically ppolished andd
anodized sam
mples.
4.5.2 Electrrochemical Impedance
I
Spectroscop
py (EIS)
The in
nterphase beetween liquiid and solidd media can be describeed in terms of an
ellectrical circcuit with resistors and caapacitors. Fiigure 4.12 shows the Raandles equivvalent
ciircuit, wheree Rs is the ellectrolyte resistance; Rctt is the chargge transfer rresistance annd Cdl
iss the capacittance doublee layer. Figure 4.13 shoows the Nyyquist plots for mechaniically
polished alloy
ys in PBS. The
T impedan
nce of MgZ
Zn increased with the adddition of Caa, Gd
nd hydroxyaapatite. This could be atttributed to thhe formationn of various ooxides, whicch act
an
ass an electric barrier. In the
t case of biodegradab
b
le alloys, ann initial slow
wer corrosionn rate
fo
ollowed by uniform degradation
d
are desirab
able. Mg5Znn1Ca, Mg55Zn1Ca3HA and
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Mg1Zn1Ca
M
(A
ACI) exhibiited higher charge
c
transffer resistancce (Rct) as coompared witth the
reest of the sam
mples, which
h ranged bettween 2300 - 6500 ohm
m. Mg1Zn1Ca8Gd exhibiited a
double loop of
o the Nyquiist plot is in
ndicative of ooxide layer ((the first looops are indiccative
of the open pore
p
resistan
nce of the ox
xide layers), which coulld be due to the formation of
multiple
m
oxid
des on the su
urface (main
nly heavy meetal oxides).. The capaciitive arc proovides
an
n estimate of corrosion resistance
r
off the materiaal, in terms oof its relativee diameter, w
which
iss directly pro
oportional to
o the chargee transfer ressistance (Rctt). Thus, an increase in ssemiciircle diametter correspon
nds to an in
ncrease in ccorrosion reesistance. Eaach mechaniically
polished sam
mple displayeed an inductiive loop at llow frequenccies, which signified thaat the
saamples werre susceptible to pittin
ng corrosionn. It shouldd be noted that no seecond
caapacitive loo
op was obseerved. This occurs
o
whenn Cl- ions difffuse througgh a breach iin the
passivating layer,
l
resultting in the formation of hydrolyzzed metal cchlorides. P
Pitting
co
orrosion can
n deterioratee the propertties of an im
mplant, as w
would the preesence of vaarious
orrganic com
mponents in
n the physiological soolution. Addditionally, an increasse in
co
oncentration
n of dissolveed ions com
mpresses the electrical double layer,, which incrreases
th
he zeta poten
ntial [194].

Figure 4.12
2: Equivalen
nt circuit of the
t corrosionn cell: Rs = eelectrolyte rresistance, Rct =
cha
arge transferr resistance and Cdl = caapacitance ddouble layerr [195].
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Figure
F
4.13: Nyquist plo
ots (log-log representatio
r
on) for mechhanically pollished samplles in
PBS at 37 o C.
The bode
b
plots for mechan
nically polisshed Mg allloys in PB
BS at 37 oC are
illlustrated in Figure 4.1
14. The deg
gree of phasse shift is a function of the typee and
prroportion off oxides prod
duced on thee surface of the alloy. T
The phase shiift at a frequuency
of ~80 Hz, is most likeely due to an increasee in surface film capaccitance, whiich is
n the oxide laayers producced on the suurface. The ssymmetry off the Bode pplot is
dependent on
an
n indication of the unifo
ormity of the surface oxidde coveragee. The magniitude of the pphase
sh
hift is a meaasure of the resistance
r
to
o corrosion ((impedance). When the lloop is depressed
an
nd shifts tow
wards a hig
gh frequency
y, this is asssociated witth adsorptionn and desorrption
ph
henomena occurring
o
on the surface of the samplles. Mg1Zn11Ca8Gd andd Mg1Zn1Caa1HA
sh
howed a ph
hase shift towards
t
high
her frequenncy of ~1000 Hz, whicch is due too the
ad
dsorption ph
henomenon. For examplee, depositionn of a layer oof corrosion products annd salt
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deposits from
m the solution
n could redu
uce the degraadation rate of the alloy and impart longteerm stability in a biologiical environm
ment.
Imped
dance is deffined as the ratio of the voltage phhasor to thee electric cuurrent
ph
hasor. Increase in conceentration of ions in soluttion decreasse impedance modulus vvalue,
which
w
will co
ompress thee double lay
yer as shownn in Figure 4.15. Figuree 4.16 show
ws the
im
mpedance modulus
m
loo
op, where the
t
low freequency dom
main repressents the syystem
reesistance, wh
hich mainly
y depends on
n polarizatioon resistancee of the passsivating film
m and
double layer capacitance of the electtrode and thhe high frequuency domaain representts the
so
olution resistance (Rs).

Figure
F
4.14:: Bode plot (phase
(
Vs freequency) forr mechanically polished alloys in PB
BS at
o
37 C.
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Figure 4.15: Variatio
on of the con
ncentration oof counter ioons with distaance from thhe
surface.

Figure 4.16
6: Bode plott (impedancee modulus Vs frequency)) for mechannically polishhed
allo
oys in PBS att 37 oC.
The equivalent
e
ciircuit for ano
odized Mg ssamples is sshown in Figure 4.17, w
where
Rs, is the eleectrolyte ressistance; Rct, is the chaarge transferr resistance; Cdl, capaciitance
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double layer; Cc, capacitance of intact coating; and Rpo, pore resistance (resistance of ions
conducting paths developed in the coating) [195]. Figure 4.18 shows the Nyquist plots for
anodized samples, where an inductive loop and capacitance double loop (non-hydrogen
evolving behavior) were observed. The first capacitive loop represents the pore resistance
and the second loop shows the development of new surface conditions. This may be
ascribed to the formation of various oxides, which act as an electric barrier and imparts
initial stability to Mg alloys. The double loop of the Nyquist plots are indicative of oxide
layers (the first loop are indicative of the open pore resistance of the oxide layers). It
should be noted that, in the case of anodized Mg samples, every alloy exhibited a double
loop, whereas, for mechanically polished alloys only Mg1Zn1Ca8Gd exhibited a double
loop.
In the case of implanted biodegradable Mg alloys, cell adherence prior to material
degradation is highly desirable. Thus, anodization of the alloy implant imparts initial
corrosion resistance and mechanical integrity after implantation and ensures sufficient
time for the surgical region to heal. Song (2007) reported in the event of failure or
breakdown of the anodized coating, the degradation products are non-toxic to the human
body and that degradation mainly occurs at the damaged area [167]. Shi et al. (2006)
reported the initial occurrence of pitting corrosion on anodized specimens followed by
filiform corrosion or general corrosion [130]. Figure 4.19 shows the schematic
representation of the factors affecting the filiform corrosion.
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Fig
igure 4.17: Equivalent
E
circuit for film
med corrosioon surfaces [195].

Figure 4.18
8: Nyquist pllots (log-log
g representattion) for anoodized samplles in PBS att 37
o
C.
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Figure 4.1
19: Schematiic demonstra
ating the facctors influenccing the filifform corrosion
[125].

Bode plots for an
nodized Mg alloys
a
in PB
BS at 37 oC are illustrateed in Figuree 4.20
an
nd Figure 4.21. The degree of phase shift is a function of the type aand proportioon of
ox
xides producced on the su
urface of thee alloys. Thee anodized aalloys exhibiited phase shhift at
a frequency of
o ~100 Hzz, as a resultt of surfacee passivationn. All the saamples displayed
ph
hase shift towards higheer frequency as comparedd with mechhanically pollished alloyss. The
saamples Mg1
1Zn1Ca3HA
A and Mg5Z
Zn1Ca1HA sshowed the highest phaase shift, whhereas
Mg1Zn
M
displayed the low
west. In the case of the latter, the pphase shift inncreased witth the
ad
ddition of Ca,
C Gd and hydroxyapaatite. This ccould be atttributed to tthe formatioon of
various oxidees, which actt as a diffusio
on barrier.
Figuree 4.21 also shows
s
the im
mpedance moodulus of thhe anodized M
Mg alloys, w
where
th
he low freq
quency loop
p correspond
ds to chargge transfer rresistance aand double layer
caapacitance of
o the electro
ode, whereass the high fr equency reggion of the curve correspponds
to
o the solutio
on resistancee. The imped
dance plot fo
for anodized samples shoowed less sccatter
ass compared with that of mechanicallly polished aalloys, whichh is due to sstrong passivvation
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fo
or anodized samples. Additionally,
A
the effect of alloying can clearlyy be seen, w
where
Mg1Zn
M
had th
he lowest modulus as co
ompared withh MgZnCa ssamples.

Figure 4.2
20: Bode plo
ot (phase Vs frequency)
f
ffor anodizedd samples in PBS at 37 oC.
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Figure
F
4.21: Bode plots (impedance
(
modulus Vs ffrequency) ffor anodizedd alloys in PB
BS at
37 oC.
4.5.3

Staticc Immersion
n Test
Zberg
g et al. reportted that hydrrogen evoluttion from Mg based carddiovascular sstents

du
uring clinicaal studies waas of minimal concern aand observedd good biocoompatibilityy with
reeduced inflaammatory reesponse [86
6,117,118,1119,120,121]. In the casse of orthoppedic
im
mplants, hyd
drogen evollution is a major
m
conceern due to poor transpport mechannisms,
which
w
leads to
t the formattion of gas pockets.
p
In aanimal studiees, subcutanneous gas buubbles
were
w removed
d by a punctture procedu
ure [122,123]].
In-vivvo hydrogen evolution frrom bioabsorrbable Mg aalloys occurss at cathodicc sites
with
w
low hy
ydrogen overrpotential. This
T
leads tto the form
mation of loocal gas cavvities.
However,
H
thee solubility of
o the hydrog
gen in the gaas pockets iss dependent on the conteent of
liipids, protein
ns and salin
nity [64]. Nevertheless,
N
rapid geneeration of hyydrogen leaads to
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subcutaneous bubbles, which may delay the healing of surgical regions, resulting in
necrosis of tissue, prolonged healing and discomfort to the patient [114]. Table 4.5 shows
the solubility coefficient for hydrogen in biological media [64,116].
Table 4.5: Ostwald solubility coefficient L (ml gas per ml medium) for hydrogen in
biological media at various temperatures (oC) [64,116]
Medium/tissue

o

C

L

Water

37

0.0185

Saline 0.15 M

38

0.0178

Plasma, ox

38

0.0175

Red cells, ox

38

0.0166

Whole blood, ox

38

0.0170

Whole blood, man

37

0.018

Skeletal muscle, rat

37

0.0218

25.3

0.036

25

0.039

Olive oil
Lard

The adsorption of chloride ions on the surface oxides of the alloy lead to the
formation of Mg(OH)2 via the hydrolysis of MgCl2 [167]. Dissolution of Mg(OH)2
subsequently exposes the underlying metal, which leads to further dissolution of Mg. At
anodic sites, Mg++ ions are produced; Cl- ions diffuse to such sites in order to establish
electrical neutrality. MgCl2 is formed in the pits and hydrolyze according to equation (1)
producing hydrochloric acid, which further dissolves the Mg.

MgCl2 + 2H2O → Mg(OH)2 + 2HCl

(1)

At cathodic sites, water is reduced and hydrogen is evolved in accordance with equation
(2).
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2 H 2 O + 2 e → H 2↑ + 2 OH

−

(2)

Mg + 2 H 2O → Mg (OH ) 2 + H 2 (overall reaction)

(3)

The overall reaction of equation (3) summarizes [63,167] the formation of
hydrogen gas pockets adjacent to the implant, which delays the healing of tissues.
Song 2007 reported both unanodized and anodized Mg alloys usually suffer from
localized corrosion at which hydrogen is primarily evolved [167]. Hence, hydrogen
evolution can be employed as an important parameter for comparing degradation rates of
Mg and its alloys [167].
Figure 4.22 and 4.23, show the volume of hydrogen evolved per unit surface area
of mechanically polished and anodized samples as a function of time. A similar volume
of hydrogen was released from each sample during the initial 24 hours. However, a
greater volume after 150 hours, of hydrogen evolved from the mechanically polished
alloys. The decrease in hydrogen evolution from the anodized alloys was attributed to the
presence of various oxides, which will be described in section 5.1. Additionally, the
higher the content of Zn in MMC, the lower was the volume of hydrogen evolved. This
was attributed to the formation of two type of oxides; those of light metals Mg and Ca
(porous oxides of smaller volume); and those of heavy metals, Zn and Gd (non-porous
oxides of greater volume) [158]. Mg and Ca oxidize at a rate that is nearly constant with
time (linear equation) whereas, Gd and Zn oxidize proportionally to the logarithm of the
time (parabolic equation) [157,158]. The high hydrogen evolution is attributed to the
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porosity of the surfacee oxide as described iin SEM, seection 5.1. In the casse of
mechanically
m
y polished saamples, the highest
h
volum
me of hydrogen was evoolved (190 hhours)
frrom Mg1Zn
n1Ca and Mg1Zn1Ca8G
M
Gd. Higher hydrogen evolution inn the latterr was
atttributed to the inhomog
geneous disttribution of Gd in the m
matrix and fo
for Mg1Zn1C
Ca, it
was
w mainly due
d to the forrmation of leess stable annd porous oxxides. No siggnificant variiation
in
n hydrogen evolution
e
(~1-2 mL/cm2) was observved after 500 hours for annodized sam
mples,
ex
xcept for Mg
g1Zn1Ca1H
HA.

Figure
F
4.22: Hydrogen evolutions
e
from mechaniically polished samples iimmersed inn PBS
fo
or 192 hours at 37 oC (m
mean ± SD, n = 3).
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Figure
F
4.23: Hydrogen evolution
e
fro
om anodized samples imm
mersed in PB
BS for 192 hhours
at 37 oC (mean ± SSD, n = 3).
The pH of the PBS was monittored duringg the emersioon test usingg a Thermo O
Orion
model#
m
420 A+ pH meter.
m
The pH rangedd between ~7.2-8.4 annd ~7.2-7.55 for
mechanically
m
y polished and
a anodized
d samples, rrespectivelyy, due to grreater passivvation
with
w the latteer. Anodizattion limits th
he concentraation of Mgg(OH)2 ions iin the electrrolyte
an
nd restricts further
f
increease in pH. Figures
F
4.244 and 4.25 shhow the pH of PBS at 337 oC
in
nto which mechanically
m
y polished and
a anodizedd samples w
were respecttively immeersed.
The
T highest pH
p was obseerved with Mg1Zn
M
irresppective of suurface treatm
ment. It shouuld be
noted howev
ver, that thee pH of PB
BS into whhich anodizeed samples were imm
mersed
reemained relaatively consttant during the
t first 24 hhours (Figurre 4.25), Subbsequent inccrease
in
n pH is attrib
buted to the degradation
n of the passsivating oxiddes. As prevviously discuussed,
th
he oxides off light metalls Mg and Ca
C (porous ooxides of sm
maller volum
me) and thoose of
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heavy metalss, Zn and Gd
G (non-poro
ous oxides oof greater vvolume) [158,163]. Thuus the
different oxid
dation rates of
o the four oxides
o
inducce stresses, w
which resultt in the form
mation
of surface crracks and deelamination of the passsivation layeer. An increease in pH ccould
afffect not onlly the corrossion behavio
or of the impplant but alsso cell viabiility or hemoolysis
[1
115,124]. Wang
W
et al. reported th
he precipitat
ation of lesss soluble prroducts, succh as
magnesium
m
phosphate,
p
Mg
M 3(PO4)2; magnesium
m
apatite; zincc phosphatee, Zn3(PO4)2; and
caalcium phosphate, Ca3(P
PO4)2 due to a local increease in pH [127].

Figure
F
4.24: The pH for mechanicallly polished ssamples imm
mersed in PB
BS at 37 oC (m
(mean
± SD, n = 33).
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Figure 4.25
5: The pH forr anodized samples
s
imm
mersed in PB
BS at 37 oC (m
(mean ± SD, n =
3).
The corrosion
c
resistance of biodegradabble Mg allooys is influeenced by seeveral
faactors, such as temperatture, pH, typ
pe of mediaa, etc. Two ffactors considered durinng inviitro tests inv
volved the ussage of simu
ulated body ffluids and huuman body ttemperature of 37
o

C.
C Table 4.7
7 shows thee corrosion rates of m
mechanically polished annd anodizedd Mg

saamples afterr immersion
n in PBS att 37 oC for 192 hours. The mechaanically pollished
saamples exhib
bited a high
her susceptib
bility to corrrosion as com
mpared withh those anoddized.
Similar corrosion behav
vior was also
a
observved with pootentiodynam
mic polarizzation
xperiments as shown in
n section 4..5.1. Furtherrmore, the aaddition of HA to MgZ
ZnCa
ex
in
ncreased thee rate of corrrosion due to the poroosity, crackiing and delamination oof the
su
urface oxidees. A signifiicant decrease in corrossion rate waas observed after anodizzation
fo
or Mg5Zn1C
Ca1HA and
d Mg5Zn1C
Ca3HA, due to the forrmation of m
more stablee and
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uniform oxides on the surface. Mg1Zn (ACI) showed an increase in corrosion rate after
anodization, which could be due to the formation of porous oxides on the surface.
Furthermore, the rates of corrosion can be inferred from the morphology of the Mg
samples shown in section 5.1.
Table 4.6: Comparison between the corrosion rates depicted for mechanically polished
and anodized samples via immersion test
Alloys
Mg1Zn (ACI)
Mg1Zn1Ca (ACI)
Mg1Zn1Ca8Gd (ACI)
Mg1Zn1Ca
Mg1Zn1Ca1HA
Mg1Zn1Ca3HA
Mg5Zn1Ca
Mg5Zn1Ca1HA
Mg5Zn1Ca3HA
4.5.4

Immersion, mm/year
Mechanically Polished
Anodized
0.3
0.8
0.5
0.2
0.6
0.1
2.4
0.6
3.4
1.2
2.6
1.4
2.5
0.9
2.3
1.1
3.1
1.8

Dynamic Immersion Test
In order to better understand the degradation behavior of alloys/MMCs under

dynamic conditions, immersion tests were performed in PBS at 37 oC using a vortex
shaker with a constant speed of ~500 rpm for 144 hours. Due to the nature of the test
setup, it was not feasible to determine hydrogen evolution. However, the pH monitored
during dynamic immersion test ranged between ~7.2-9.3 (Figure 4.26) and ~7.2-8.4
(Figure 4.27) for mechanically polished and anodized samples respectively, which were
relatively higher than the pH obtained under static conditions (~7.2-8.4 and ~7.2-7.5 for
mechanically polished and anodized samples respectively). Furthermore, it should be
noted that there was no significant increase in pH in the case of anodized samples after 50
hours of immersion.
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Figure
F
4.26:: The pH of mechanically
m
ly polished samples imm
mersed in PBSS at 37 oC under
dynamic
d
con
nditions (meaan ± SD, n = 3).

Figure 4.2
27: The pH of
o anodized samples
s
imm
mersed in PB
BS at 37 oC uunder dynam
mic
conditio
ons (mean ± SD, n = 3).
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Table 4.7 shows the corrosion rates of mechanically polished and anodized Mg
samples in PBS at 37 oC under dynamic conditions. The mechanically polished samples
exhibited higher susceptibility to corrosion as compared with anodized samples. This is
attributed to the composition and thickness of the passivating oxides on the respective
surfaces (~ 10-15 nm for mechanically polished and ~ 5-10 µm for anodized samples as
previously discussed in section 5.1.1).
The effect of the relative velocity between the electrolyte and Mg alloys/MMCs
was not apparent for anodized samples as shown in Tables 4.7. This is attributed to the
difference in the relative thickness of the passivating layers. The thin oxide layer of
mechanically polished alloys/MMCs was less protective than that on the anodized
samples, therefore, the former was more susceptible to pitting corrosion and chloride ion
attack. Thus, anodization significantly increases the corrosion resistance and can serve to
regulate the degradation rate of Mg alloys/MMCs.
Table 4.7: Corrosion rates of mechanically polished and anodized samples under
dynamic conditions.
Samples
Mg1Zn (ACI)
Mg1Zn1Ca (ACI)
Mg1Zn1Ca8Gd (ACI)
Mg1Zn1Ca
Mg1Zn1Ca1HA
Mg1Zn1Ca3HA
Mg5Zn1Ca
Mg5Zn1Ca1HA
Mg5Zn1Ca3HA

Mechanically Polished
(mm/year)
1.08
0.58
0.98
1.22
3.18
3.81
3.27
2.99
2.26
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Anodized
(mm/year)
0.86
0.21
0.66
1.33
0.47
0.97
0.39
0.88
0.22

It should be noted that the effect of oxide composition on corrosion rate of
mechanically polished samples was not as significant as compared with that on anodized
samples. The phenomenon of corrosion kinetics of mixed oxides and their ensuing
porosity is responsible for the aforementioned behavior and is discussed in section 4.2.
However, the rate of degradation increased under dynamic conditions for mechanically
polished samples. This is explained in terms of an increase in the critical limiting current,
which increases with agitation as the diffusion layer thickness decreases in accordance
with the Butler-Volmer equation (Mass-transfer control) [156].
∗

=
where:

D is the diffusion coefficient; δ is the diffusion layer thickness and C* is the concentration
of the electroactive (limiting) species in the bulk of the electrolyte. The effect of agitation
on the rate of degradation of a metal under diffusion-controlled cathodic process is
depicted in Figure 4.28 [198].
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Figure 4.28: Effect of velocity on the rate of degradation of a metal under diffusioncontrolled cathodic process [156].
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4.5.5 Dissolved Ions Released During Immersion Test
ICP-MS (Perkin Elmer Sciex, model ELAN DRC-II) was used to determine the
ions released during the immersion test. Atoms present in a solution are excited by an
inductively coupled plasma and are then indentified and quantified by a mass
spectrometer. The acquisition parameters of the ICP-MS used in the analysis are listed in
Table 4.8.
Table 4.8: ICP-MS acquisition parameters for the analysis of the samples
ICP-MS Parameters
IC RF Power

1300

Nebulizer Gas Flow

0.92 L/min

Plasma Gas Flow

16 L/min

Lens Voltage

10.5 V

ICP-MS was performed by collecting 5ml of PBS after each immersion test. The
PBS was filtered to remove particulate matter and each sample was analyzed in 3
replicates. Optimal grade nitric acid was used to prepare the calibration curve at the
following concentrations: 0, 10, 25, 50, 60, 80 and 100 ppb. Good linearity was obtained
for all elements and isotopes (R2 better than 0.991).
The concentration of Mg and Ca in the samples was higher than the concentration
of Zn and Gd and therefore, two separate dilution sets were prepared and measured with
two separate calibration curves. A 1:2 dilution factor was applied to each sample prior
measurement of Zn and Gd. A 1:500 dilution factor was applied to each sample prior to
the measurement of Ca and Mg. Yttrium was used as an internal standard for the analysis
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of Zn and Gd, while scandium was used as an internal standard for the measurement of
Ca and Mg. Table A.11 (see Appendix – I) shows the mean concentration of elements
obtained for the 3 replicates of each sample. Uncertainty was reported as the relative
standard deviation. The uncertainty represents variability of 3 replicate measurements on
the same sample (instrumental variation). Instrument blanks were analyzed and the
concentration for the samples were then reported after their respective background
subtraction (acid blanks).
Figure 4.28 – 4.31 displays the average concentrations of the dissolved metal ions
in the electrolyte under static and dynamic immersion conditions. ~0.6-21 μg/mL of Mg
and ~48-69 μg/mL of Ca leached from mechanically polished samples as compared with
anodized ~12-44 μg/mL of Mg and ~63-72 μg/mL of Ca under static conditions. ~20-33
μg/mL of Mg and 65-87 μg/mL of Ca leached from anodized samples under dynamic
immersion. These results appear to contradict the corrosion rates reported and further
studies need to be conducted to elucidate this phenomenon. Nevertheless, it can be
concluded that the concentration of Mg and Ca ions leached from anodized samples do
not vary significantly under static nor dynamic conditions. Additionally, the metal ion
release is not necessarily related to the elemental composition of the alloy (in the case of
mechanically polished Mg based alloys/MMCs) but is more dependent on compactness,
stability, thickness and regeneration potential of the oxide film (in the case of anodized
samples) [68].
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Figure
F
4.29: ICP-MS ana
alysis showing the conceentration off Mg and Ca ions in corroosion
extract obta
ained from mechanically
m
y polished saamples durinng static imm
mersion (meaan ±
SD, n = 3)
3).

Figure
F
4.30: ICP-MS ana
alysis showing the conceentration off Mg and Ca ions in corroosion
extract
e
(PBS
S + amino accids) obtaineed from mechhanically poolished sampples during sstatic
immersiion (mean ± SD, n = 3).
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Figure
F
4.31: ICP-MS ana
alysis showing the conceentration off Mg and Ca ions in corroosion
extract obta
ained from anodized
a
sam
mples duringg static immeersion (meann ± SD, n = 3).

Figure
F
4.32: ICP-MS ana
alysis showing the conceentration off Mg and Ca ions in corroosion
extract
e
obtaiined from an
nodized samp
ples during ddynamic imm
mersion (meean ± SD, n = 3).
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5.0

SURFACE CHARACTERIZATION

5.1.

Material Characterization
Microstructure, surface morphology and qualitative chemical composition of the

samples were assessed using scanning electron microscopy/energy dispersive
spectroscopy (SEM/EDS), JEOL JSM 6330F. A Siemens 5000 D, XRD with Cu-Kα
radiation (wavelength, λ = 1.54 Ao) operating at 35 mA and 40 kV with a scan rate of
0.01 o/sec over a 2 theta from 20-90o, was used to determine the microstructure phases. A
DIFFRACplus EVA software (Bruker, Madison, WI, USA) was utilized to analyze the
XRD spectra. The surface roughness of the samples was determined by optical
profilometer and the data was analyzed by Scanning Probe Image Processor (SPIP).
5.1.1

SEM/EDS: Mechanically Polished and Anodized Samples
Figure 5.1 illustrates the SEM and EDS analysis of mechanically polished as-cast

samples. A number of uniformly dispersed spherical particles (~ 5 µm) were observed on
the surface of polished samples. EDS analysis at these spots depicted a higher
concentration of oxygen and alloying elements. Zhang et al. (2010) reported two major
phases in cast MgZn alloys, namely α-phase (matrix) and γ-MgZn [90]. SEM
photomicrographs clearly display precipitates and grain boundaries on the surface of
polished alloys as shown in Figure 5.1. EDS analysis suggests the occurrence of grain
boundary segregation with relatively higher concentrations of alloying elements at the
grain boundaries. Li et al. (2008) showed that α-phase (matrix) and Mg2Ca phase
precipitated along the grain boundaries [65]. The formation of these binary phases was
further confirmed by XRD analysis.
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Figurre 5.1 (c) Mg1Zn1Ca8G
M
Gd illustratees the formaation of dendrites, whicch are
mainly
m
rich in Zn, Ca an
nd Gd. Furth
hermore, Mgg1Zn1Ca8Gdd alloy displayed continnuous
ro
osette-shaped dendrites and partially eutectic interdendrittes, which w
were reporteed by
otther research
hers [89]. The
T dendrites with estim
mated spacinng of 5-10 µ
µm between each
dendrite were distributed
d along thee eutectic ar
area and graain boundarries, whereaas the
prrecipitates mainly
m
aggrregate at or near the grrain boundaaries, especially at the triple
ju
unction. EDS
S analysis revealed
r
thatt the primarry grains weere composeed of α-phasse but
th
he binary phases
p
precipitated at the grain bboundaries and furtherr confirmedd the
occurrence off grain boun
ndary segregaation with reelatively higgher concenttrations of C
Ca, Zn
an
nd HA. Uniform dispersion of HA is reported to increase the corrosioon resistancee and
mechanical
m
properties of the sampless, due to the increase in interfacial aarea betweenn Mg
α-phase and HA
H particless [113]. Li et
e al. (2008)) confirmed the presencce of Mg α-pphase
(m
matrix) in th
he grain and
d Mg2Ca prrecipitates allong the graain boundarries [65], booth of
which
w
were detected
d
by XRD
X
in this investigation
i
n (section 5.1.2).
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Figure 5.1
1: SEM photo
omicrograph
hs and EDS analysis (insset): (a) Mgg1Zn (ACI); ((b)
Mg1Zn1Ca
a (ACI); (c) Mg1Zn1Ca8
M
8Gd (ACI); ((d) Mg1Zn1C
Ca; (e) Mg1Z
Zn1Ca1HA;; (f)
Mg1Zn1
1Ca3HA; (g)) Mg5Zn1Ca
a; (h) Mg5Zn
Zn1Ca1HA; aand (i) Mg5Z
Zn1Ca3HA.

The Mg
M samples were anodiized to imprrove the initial corrosioon resistancee and
mechanical
m
in
ntegrity. Fig
gure 5.2 show
ws the SEM
M photomicroographs andd EDS analyssis of
an
nodized sam
mples that were
w
mechaanically poliished to a roughness of 0.05 μm
m. As
co
ompared to
o mechaniccally polish
hed sample s, anodizattion resulteed in a hhigher
co
oncentration
n of oxygen on
o the surfacce and oxidees at the graiin boundariees (Figure 5..2 h, i
an
nd j). The degradation
d
products
p
of anodize
a
Mgg alloy has bbeen reportedd to be non--toxic
[1
130]. Furthermore, grain
n boundariess are expecteed to be morre corrosion resistant, theereby
in
ncreasing im
mplant stabiliity. It is a weell-known faact that in m
most of the allloys, prefereential
co
orrosion occcurs at or alo
ong the grain
n boundariess, also know
wn as intergrranular corroosion.
After
A
anodizaation, the grrain boundarries becomee more resisttant to corroosion and fuurther
prrolong the grain
g
boundaary attack and
d increase thhe implant sttability.
The oxide
o
layer on
o anodized Mg1Zn1Ca was approxximately 5-10 μm as deppicted
in
n Figure 5.2 (j). Howeveer, anodize coatings
c
of Mg alloys hhave been reeported to coonsist
of two layerss, ranging in
n thickness from
f
5 – 50 μm [6,131,,132]. Mg aalloys/MMC
Cs are
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an
nodized in an
a attempt to
t improve the
t corrosionn resistancee and initial implant staability
du
ue to the formation of metal
m
oxidess, which varries with proocessing parrameters, suuch as
ex
xposure tim
me, type of electrolyte and temperrature [6]. A
Anodization of a Mg bbased
biodegradablee implant therefore,
t
im
mparts initiaal corrosionn resistance and mechaanical
in
ntegrity afterr implantatio
on and ensurres sufficient
nt time for thhe surgical reegion to heaal. Shi
ett al. (2006) reported thee initial occu
urrence of ppitting corroosion on anoodized speciimens
fo
ollowed by filiform
f
or general
g
corro
osion [130]. The anodizze coating iss hard (high wear
reesistant) and
d porous (ssimilar to the
t
bone m
microstructure) as comppared with other
co
onversion co
oating or fluo
oridated coaatings [114].
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Figure
F
5.2: SEM photom
micrographss and EDS annalysis (inseet) for anodizzed samples: (a)
Mg1Zn (ACI); (b) Mg1
1Zn1Ca (AC
CI); (c) Mg1Z
Zn1Ca8Gd ((ACI); (d) M
Mg1Zn1Ca; ((e)
Mg1Zn
n1Ca1HA; (f)
f) Mg1Zn1Ca
a3HA; (g) M
Mg5Zn1Ca; ((h) Mg5Zn1C
Ca1HA; (i)
Mg5Zn1
1Ca3HA; an
nd (j) cross-ssection of thee anodized M
Mg1Zn1Ca ((ACI) alloy.
5.1.1.1 SEM
M/EDS of Mechanically
M
y Polished Alloys/MM
MCs after P
Potentiodyn
namic
Corrosion
C
in
n PBS and PBS
P with Am
mino Acids
Alloying and surfface treatmeents not onlly enhance tthe mechaniical propertiies of
Mg,
M but also have a sign
nificant effecct on its deggradation beehavior and biocompatibbility.
Figure 5.3-5.5
5 shows the surface morrphology andd EDS analyysis of mechhanically pollished
saamples after potentiody
ynamic corrosion testss in PBS aand PBS w
with amino acids
(ccysteine, C 0.25
0
mM, gllutamine Q, 0.568 mM and tryptophhan W, 0.0442 mM) at 337 oC.
Stress induced cracks were obserrved on thhe surface of all allooys subjecteed to
potentiodynam
mic polarizaation tests in
n PBS and PB
BS with amiino acids except for MgZn in
PBS. MgZnC
CaGd developed a signifficant amounnt of oxides in PBS withh cysteine (F
Figure
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5.5 b and c).. Similar craacked corrossion produccts were repoorted by vaarious researrchers
with
w various Mg alloys [127,169]. The adsorptioon of chloridde ions on thhe surface ooxides
of the alloy lead
l
to the formation
f
of Mg(OH)2 via the hyddrolysis of M
MgCl2 [158,,167].
Dissolution
D
of
o MgCl2 sub
bsequently exposes
e
the uunderlying m
metal surfacce, which leaads to
fu
urther dissollution of Mg
g. At anodicc sites, Mg+++ ions are pproduced; C
Cl- ions diffuuse to
su
uch sites in order to esstablish elecctrical neutrrality. MgCll2 is formedd in the pitss and
hy
ydrolyzed as
a previously
y discussed in Chapter 4. Figure 55.5 (b and c) clearly sshows
partially delaaminated strress induced
d fractured surfaces, w
which can llead to locaalized
co
orrosion und
derneath the corrosion prroducts.
EDS analysis
a
reveealed the rellative concenntrations of Mg, O, P, K
K, Zn, Ca annd Gd
on
n the surfacee of the alloys, which co
orrespondedd to the form
mation of a m
mixture of appatite,
ziinc phosphatte and calciu
um phosphatte as shown iin Figure 5.33-5.5 (e).
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Figure 5.3:
5 Scanning
g electron microscopy
m
im
mage of alloyys after poteentiodynamicc
corrosion: (a)
( MgZn, PBS;
P
(b) MgZ
Zn, PBS+C; (c) MgZn, P
PBS+Q; (d) MgZn, PBS+
+W
and (e) co
omposition of
o the surfacce layers form
med on Mg aalloys duringg accelerateed
corro
osion tests in
n PBS and PB
BS with amiino acids.
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Figure 5.4:
5 Scanning
g electron microscopy
m
im
mage of alloyys after poteentiodynamicc
corrosion:
c
(a
a) MgZnCa, PBS;
P
(b) Mg
gZnCa, PBS+
S+C; (c) MgZ
ZnCa, PBS+
+Q; (d) MgZ
ZnCa,
PBS+W
W and (e) com
mposition off the surface layers formed on Mg allloys during
accelerated
d corrosion tests
t
in PBS and PBS witth amino aciids.
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Figure 5.5:
5 Scanning
g electron microscopy
m
im
mage of alloyys after poteentiodynamicc
corrosion:
c
(a
a) MgZnCaG
Gd, PBS; (b)) MgZnCaGdd, PBS+C; ((c) MgZnCaGd, PBS+Q
Q; (d)
MgZnCaG
Gd, PBS+W and
a (e) comp
position of thhe surface laayers formedd on Mg allooys
durring accelera
ated corrosion tests in P
PBS and PBSS with aminoo acids.
5.1.1.2 SEM
M/EDS of Mechanicall
M
ly Polished
d Alloys/MM
MCs in PB
BS after S
Static
Im
mmersion Tests
T
Surfacce corrosion
n of Mg alloy
ys/MMCs coommences iimmediatelyy upon immeersion
in
n PBS due to
t the presence of chlorride, phosphhate, carbonnate and sulpphate ions [[127].
Morphologica
M
al changes also occur due to locaalized corroosion primarrily at the grain
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boundary sites, which then propagate along the grain boundaries. EDS analysis of the
surface revealed the possible formation of a mixture of apatite, zinc phosphate and
calcium phosphate. Figure 5.6 shows the SEM photomicrographs after static immersion
test for 192 hours in PBS at 37 oC. In the case of samples with higher Zn concentration
(Mg5Zn1CaxHA),

SEM

photomicrograph

revealed

localized

corrosion

attack

preferentially on the α-matrix and to a lesser extent on the β-phases. During corrosion
H2O is reduced according to equation (1) producing H2 and Mg(OH)2, with an increase in
pH. Wang et al. reported localized pH increase, which is believed to cause the
precipitation of less soluble products such as: magnesium phosphate, magnesium apatite,
zinc phosphate and calcium phosphate [127]. EDS analysis of samples after immersion in
PBS for 192 hours are shown in Figure 5.7 (a). Higher concentrations of alloying
elements were observed on the surface of samples, which revealed preferential
degradation of Mg. Figure 5.7 (b) shows the SEM photomicrograph of mechanically
polished Mg5Zn1Ca alloy after 192 hours of immersion and the inset shows the SEM of
human bone. Both photomicrographs display similar morphology, which may be
advantageous for cellular activity. Such surface morphology can be conducive to cell
viability since the filopodia can grow into the micro-pores and accelerate adherence and
spreading. Furthermore, these micro-pores can serve as supply routes or reservoirs for
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nu
utrients thatt are essenttial for good cellular vviability. Maarinucci et al. reportedd that
su
urface rough
hness, cellullar attachmeent and osteooblast activiity can be ddirectly correelated
[1
133].
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Figure 5.6: SEM photom
micrographs of mechaniccally polisheed samples af
after 192 houurs of
immerrsion in PBSS at 37 oC.
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Figure
F
5.7: (a) Plot sho
owing compo
osition of thee surface layyers formed oon mechaniccally
polished
p
Mg
g samples aftter immersio
on and (b) m icrostructurre of Mg5Zn11Ca corrodeed in
PBS,
P
showing
g α and β ph
hases (Right inset SEM oof human bonne of 22 yeaar old male [[126]
and left insset change off surface com
mposition duuring corrosion, where (A
(A) is the inittial
surfacee and (B) is the surface after corrosion [63]) .
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5.1.1.3 SEM
M/EDS of Mechanically
M
y Polished Alloys/MM
MCs in PBS
S after Dyn
namic
mmersion Test
T
Im
Dynaamic immerssion tests were
w
perform
med to acceess the effecct of velocitty on
degradation behavior
b
of Mg
M alloys/M
MMCs in PB
BS at 37 oC using a vorttex shaker w
with a
co
onstant speeed of ~500 rp
pm for 144 hours. Figurre 5.8 showss the SEM pphotomicrogrraphs
of mechanicaally polisheed samples after dynam
mic immerssion. All saamples exhiibited
ev
vidence of severe
s
pittin
ng as compaared with thhose under sstatic condittions (see F
Figure
5.6). Crack were
w
observ
ved on the surfaces
s
of Mg1Zn1Caa (ACI) andd Mg1Zn1Ca8Gd
(A
ACI), (inset)) Figure 5.8, which are known to ccause prematture failure. During dynnamic
im
mmersion, relative
r
mottion betweeen the electtrolyte and the samplees dislodgess the
co
orrosion pro
oducts from the surface, which leadss to higher ddegradation rate as comppared
with
w static co
onditions. This is explained in term
ms of an inccrease in thee critical lim
miting
cu
urrent, whicch increasess with agitaation as the diffusion llayer thicknness decreasses in
acccordance with
w the Butleer-Volmer equation (Maass-transfer ccontrol), see section 4.5..4.
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Figure 5.8
8: SEM phottomicrograp
phs of mechaanically polisshed alloys aafter dynamic
imm
mersion test iin PBS.
5.1.1.4 SEM//EDS of An
nodized Mg
g Alloys/MM
MCs after P
Potentiodyn
namic Corroosion
in
n PBS
The surface
s
of anodized
a
Mg
M alloys/MM
MCs generaally consistss of two laayers;
ox
xides compo
osed of heav
vy metals thaat are dense and non-porous and thee other compposed
of light metaals that are less
l
dense an
nd porous (see section 4.3.2 on corrosion kineetics).
The
T thicknesss of surface oxides on Mg
M based aalloys/MMCss has been rreported to rrange
between 5-50
0 μm [6,13
31,132], but is dependeent on proccessing paraameters such as:
ex
xposure tim
me, type of electrolyte and

tempeerature. Thee aforementtioned condiitions

siignificantly affect the morphology,
m
tribologicall properties and oxide aadhesion [6]. The
reesulting matterial properties affect its corrosioon resistancce, mechaniccal integrityy and
in
nitial stabilitty in physiollogical soluttions. Thus, an anodizedd implant deevice can proovide
ad
dequate corrrosion resisttance to allo
ow healing aafter surgeryy, such thatt once implaanted,
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co
orrosion is delayed
d
as heealing takes place in thee area of the surgery. SE
EM/EDS anaalyses
of anodized samples after potentiod
dynamic corrrosion are sshown in Figure 5.9, w
where
allthough the anodized samples
s
app
peared to bee smoother than mechaanically pollished
saamples, therre was no siignificant vaariation in coomposition (see EDS aanalysis in F
Figure
5.9). Anodizaation develo
ops a uniform
m passivatioon layer on the surfacee, which preevents
direct contact of electrolyte with th
he substrate.. Evidence of the occuurrence of ppitting
co
orrosion durring anodizaation, and in
n some casees, stress-indduced crackss were obseerved.
Pits generally
y develop du
ue to aggresssive attack by chloridee ions at deffects in the ooxide
fiilm [6].

977

988

Figure
F
5.9: Photomicro
ographs of an
nodized samp
mples after pootentiodynam
mic polarizaation
o
tesst in PBS at 37 C.
5.1.1.5 SEM//EDS of Ano
odized Mg Alloys/MMC
A
Cs in PBS aafter Static Immersion Test
As prreviously disscussed, ano
odization off a biodegraddable implaant imparts iinitial
co
orrosion ressistance and mechanicall integrity aafter implanttation and eensures suffi
ficient
tiime for the surgical
s
regio
on to heal. A thicker andd uniform oxxide layer is produced on Mg
saamples by anodization
a
as
a compared
d with that oon mechaniccally polisheed samples uunder
am
mbient cond
ditions. Figu
ure 5.10 show
ws the SEM
M photomicroographs of aanodized sam
mples
affter static im
mmersion tessts in PBS att 37 oC for 1192 hours. S
Surface corroosion commeences
im
mmediately upon immeersion in PB
BS due to the presencce of chloriides, phosphhates,
caarbonates an
nd sulphates. Morpholo
ogical changges becausee of localizeed corrosionn are
ob
bserved to occur at thee grain boundary sites (particularlyy the α-mattrix), which then
prropagated along
a
the graain boundarries. EDS annalysis of thhe surface rrevealed posssible
fo
ormation of a mixture of
o apatite, zinc
z
phosphaate and calccium phosphhate as show
wn in
Figure 5.10 (inset).
(
Afterr 192 hours of immersioon in PBS, tthe size of ppores and cavvities
on
n anodized samples werre approxim
mately ~1-10 µm and ~10-40 µm resspectively, w
which
were
w ¼ of thee size of thosse observed on mechani cally polisheed samples ((pore size ~110-30
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µm
µ and cavitties ~40-100
0 µm). This type
t
of surfaace composeed of pores aand cavities have
been reported
d to be cond
ducive to ossteoblast andd endotheliaal cell prolifferation sincce the
fiilopodia can
n grow into
o the micro
o-pores andd acceleratee adherencee and spreaading.
Additionally,
A
micro-porees serve as supply rouutes or reserrvoirs for nnutrients thaat are
esssential for good
g
cellularr viability.
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Figure 5.10: SEM photom
micrographss of anodizedd sample aftter 192 hourss of immersiion in
PBS at 37 o C.

1001

5.1.1.6 SEM/EDS of Anodized Mg Alloys/MMCs in PBS after Dynamic Immersion
Test
In order to better understand the degradation behavior of the Mg samples,
dynamic immersion tests were conducted using a vortex shaker at a constant speed of
~500 rpm for 144 hours in PBS at 37 oC. As discussed in section 4.5, corrosion rates
increased under dynamic conditions and so did the pH of the electrolyte. This was in
contrast to what was observed for anodized samples under static conditions as shown in
Figure 2.7 and 2.5 respectively.
Figure 5.11 shows the SEM photomicrograph of Mg alloys/MMCs after dynamic
immersion, where the size of the pits and cavities are larger than those created under
static conditions. Pitting corrosion appears to have initiated at defects in the matrix before
extending towards the grain boundaries forming a honeycomb structure of pore and
cavity sizes ranging between ~1-10 µm and ~10-80 µm respectively. The aforementioned
dimensions are within the acceptable range for cellular activity. Generally, grain
boundaries corroded to a greater extent under dynamic conditions as compared with that
under static conditions.
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Figure 5.11
1: Photomicrrographs of anodized sa mples after ddynamic imm
mersion for 192
o
o
hours in PB
BS at 37 C.inn PBS at 37 C.

Figuree 5.12 show
ws the plots for
f EDS anaalysis for annodized sam
mples subjectted to
sttatic and dyn
namic immerrsion, wheree for static im
mmersion ovverall higherr concentratiion of
Mg
M was obseerved. In thee case of dy
ynamic imm
mersion, low
wer concentraation of Mgg was
ob
bserved, wh
hich is an indicative of
o higher ddegradation. Moreover, during dynnamic
im
mmersion hiigher concen
ntration of Zn
Z was obserrved on the ssurface, whiich is compaarable
with
w SEM ph
hotomicrograaphs confirm
ming that thhe grain bounndaries rem
mained intact. The
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co
orrosion attaack preferenttially occurrred at α-matrrix and to soome extent att β-phases, w
which
sllows the pro
opagation off corrosion over
o
α-matrixx. Similar cooncentrationns of oxides were
ob
bserved on the
t surface of
o anodized samples,
s
whhich could bee undamagedd oxide layerr.
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Figure 5.12: Plot show
wing compossition of the ssurface layeers formed onn anodized M
Mg
samples: (a) static im
mmersion andd (b) dynamiic immersionn.
5.1.2 X-Ray
y Diffraction
n of Mg Allo
oy/MMCs B
Before and A
After Corroosion
XRD analysis was
w
conduccted in an effort to determine tthe presencce of
in
ntermetallic phases, whiich are know
wn to affect the mechannical and corrrosion properties
of Mg based
d alloys/MM
MCs. Variouss phases weere depictedd in the specctra as show
wn in
Figure 5.13. The samplees were mainly compo sed of α-M
Mg solid soluution with sstable
in
ntermetallic compounds such as, Mg
g2Ca, MgZn22, CaZn2 andd Mg5Gd. Zhhou et al. repported
th
hat MgZnCaa alloys synthesized by twin-roll raapid solidification technnique producced a
laarge numberr of precipitaates, which contribute tto precipitatiion hardeninng [105]. Peeng et
all. manufactu
ured Mg-Gd based alloys and reportted superior mechanical properties ddue to
a microstructu
ure composeed of fine meetastable preecipitates disspersed in thhe matrix [799,89].
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The relative amount of each phase present in the samples was evaluated from the
respective areas under the XRD spectra. The relative proportion (wt%) of each
intermetallic phase occurred in the following order: MgZn2 (0.04-0.34) > Mg2Ca (0.0090.018) > Ca5(PO4)3(OH) (0.005-0.013) > Ca2Mg6Zn3 (0.002-0.008) > Mg5Gd (0.010) .
The binary phases, referred to as Laves phase [171], are known to improved creep
resistance due to solid solution strengthening, precipitation strengthening and grain
boundary pinning, which increase hardness and wear resistance. Additionally, these
phases serve as grain refining agents and contribute to grain boundary strengthening. Tao
et al. (2008) reported the formation of fine precipitates of Mg2Ca dispersed within the
grains [87], as was observed in our work.
Figure 5.13 (b) shows the XRD spectra of the Mg samples received from Brunel
University. The samples were mainly composed of α-Mg matrix and various binary and
ternary intermetallic compounds Mg2Ca, CaZn2, MgZn2, CaZn5, Ca2Mg6Zn3 and
Ca5(PO4)3(OH). Zibiao Li (2010) matched MgZnCaHA with HA phase and the latter
remained chemically unaffected during manufacturing [113]. Figure 5.14 shows the XRD
spectra for anodized samples. It should be noted that both mechanical and anodized
samples exhibited similar XRD peaks. This was attributed to the fact that the depth of
penetration of the X-ray beam was greater than the thickness of the anodized oxide layer
so that, the effect of anodization could not be detected as the beam interacted with the
substrate in each case.
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Figure 5.13: XRD spectra of mechanically polished samples: (a) Mg1Zn (ACI);
Mg1Zn1Ca (ACI); Mg1Zn1Ca8Gd (ACI) and (b) Mg1Zn1Ca; Mg1Zn1Ca1HA;
Mg1Zn1Ca3HA; Mg5Zn1Ca; Mg5Zn1Ca1HA; and Mg5Zn1Ca3HA.
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Figure 5.14: XRD spectra of anodized samples.
Figure 5.15 and 5.16 show the XRD analyses of the samples after corrosion,
where it can be observed that the intensity of Mg peaks is low for mechanically polished
samples as compared with those for anodized samples. These results correlated with the
composition of the alloys/MMCs (EDS analysis), where a lower concentration of Mg was
observed for the former samples (see section 5.1.1.2). A higher Mg peak intensity for
confirmed a higher corrosion resistance of anodized samples. Furthermore, the peak
intensity results also correlated with corrosion rates discussed in section 4.5, where lower
corrosion rates were observed for anodized samples as compared with those obtained for
mechanically polished samples.
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Figure 5.15: XRD spectra of mechanically polished samples after corrosion in PBS.

Figure 5.16: XRD spectra of anodized samples after corrosion in PBS.
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Figure 5.17 shows the XRD spectra of the anodized samples subjected to dynamic
immersion in PBS for 9 days at 37 oC. Comparatively lower intensity of Mg and
Mg(OH)2 was observed for latter, which reveals faster degradation during dynamic
immersion. A similar behavior was also noted in the case of binary and ternary phases.

Figure 5.17: XRD spectra of anodized samples after dynamic corrosion in PBS at 37 oC.

5.2

Grain Size Determination
Factors that affect the degradation behavior of Mg alloys/MMCs include: grain

size, composition, microstructure and distribution of intermetallic phases. The grain size
of the Mg alloys/MMCs were determined by swabbing the surfaces with acetic glycol
etchant of composition: water 19 mL, ethylene glycol 60 mL, acetic acid 20 mL and
HNO3 1 mL for a duration of 1-5 seconds. An optical microscope was then used to
observe and measure the grains [128].
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Figure 5.18 shows the overall grain size of the Mg samples, which ranged
between ~ 60 – 110 μm. The smallest grains (~60 μm) were observed in Mg samples with
3 wt.% HA. Alvarez-Lopez et al. (2010) reported that fine grained AZ31 possessed good
corrosion resistance [60]. Li et al. showed that the addition of HA reduced the solid/liquid
interfacial energy in Mg alloys. Since the lattice parameter for HA (9.41 Å) is three times
greater than that of Mg (3.21 Å), it results in heterogeneous nucleation and good
wettability [113]. Furthermore, the large variation in lattice parameters can lead to grain
boundary segregation and grain growth restriction. During solidification, alloying
elements can be rejected by the α-Mg, which restricts grain growth. However, according
to Hall-Path formula, an increase in Zn concentration decreases the grain size of the alloy
and increases the yield strength [113]. Becerra and Pekguleryuz achieved an effective
grain refinement with Zn, which was explained by its segregation and minimization of
surface energy [129]. As shown in Figure 5.18, the grain size decreased when Ca, HA
and Zn were added to Mg. This may be attributed to the precipitation of intermetallic
phases (Ca2Mg6Zn3, MgCa2, CaZn2, Ca5(PO4)3(OH) and MgZn2) previously shown in
Figure 5.14.
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Figu
ure 5.18: Avverage grain size of Mg ssamples.
5.3

Density
y Measurem
ment
Densiity depends on
o the weigh
ht of the inddividual atom
ms and moleecules makinng up

matter,
m
and how
h
much sp
pace exists between
b
them
m. It also deepends on w
whether the m
matter
iss solid, poro
ous, or comp
posed of oth
her elementss. Densities is expresseed using the term
sp
pecific graviity, which is expressed mathematica
m
ally as:
Density
D
(ρ1) = mass/volum
me
In
n our work, Archimedess Principal was
w used to calculate thhe density (ρρ1) in accorddance
with
w the follo
owing equation:

ρ1 =

W1
× S.G.of .water1
W1 − W3
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Where:
W
W1 is weight off the thoroug
ghly dried ssample, W3 is the weigght of the saample
when
w
immerssed in water and S.G. is the
t specific ggravity of thhe water.
Mg allloys have a density thaat is ~1/3 that of titaniuum alloys [106]. Due to their
liight weight and
a load beaaring capacity, Mg alloyys/MMCs arre attractive materials foor the
manufacture
m
of orthoped
dic implantt devices, bbecause theyy reduce thhe risk of sstress
sh
hielding thaat exists witth other meetallic implaants. Figuree 5.19 show
ws the calcuulated
density (Arch
himedes priinciple meth
hod) and thheoretical deensity of M
Mg samples. The
~
g/cm
g 3, whichh is similar to that of huuman bone (1.8–
density rangeed between ~1.69-1.87
6]. All alloy
ys containin
ng 1 wt.% Z
Zn displayedd a density of ~ 1.75 gg/cm3,
2.1 g/cm3) [6
xcept for Mg1Zn1Ca8G
M
Gd (~1.85 g//cm3). Alloyys with 5 wt.% Zn displayed densitiies of
ex
~1.83
~
g/cm3.

Figure 5.19
9: Experimen
ntal and theo
oretical denssities of mecchanically poolished sampples.
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5.4

Wettab
bility
Subbiiahdoss et al. (2010) reported w
wettability as an impportant prooperty

nfluencing cellular
c
inteeractions with biomateerials [108]. In this innvestigationn, the
in
wettability
w
off samples weere determined by measuuring contactt angles on tthe samples uusing
a Kyowa con
ntact angle meter
m
modell DM-CE1 ((Figure 5.200a). The sessile drop meethod
was
w adopted by employin
ng three diffferent solvennts: mildly ppolar (distilleed water); neeutral
(eethylene glycol) and highly polar (diiiodomethanne). Ten testss were perfoormed per soolvent
on
n each speciimen at locaations separaated by suffi
ficient spacinng (~ 0.5 mm
m) to prevennt the
potential influ
uence of preevious tests. Figure 5.200 (b) shows tthe contact aangle formedd by a
liiquid droplett resting on a solid subsstrate. Accoording to thee Young-Duupre equationn, the
co
ontact angle

can be ex
xpressed as [113]:
cos

where,
w

=

is the surface energy of th
he solid,

iss the surface energy of th
he liquid and
d

−
is the solid liquid interffacial energyy,

is the conntact angle.

0: (a) Kyowa
a contact ang
gle meter, DM
DM-CE1 andd (b) Schematic representing
Figure 5.20
interfacial forcees and contact angle of a liquid dropp on a solid ssurface.
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FAMAS analysis software was used to evaluate the surface free energy (SFE)
parameters of samples by adopting the Lifshitz-van der Waals (LW) acid-base interaction
and Kitazaki-Hata theory. The SFE was calculated using:
=

+

+

where, γtotal is the total SFE; γd is SFE dispersion component; γp is SFE polar component;
and γh is SFE hydrogen bond component.
According to the energy interchange model of the acid and base, liquids of
different surface tensions, two of which are polar (water and diiodomethane) are
employed. The following energy balanced equation is established [172]:

(1 +

+

+ −

=

+2

+ −

=

+2

+ −

=

+2

+ −

)=2

+

+ −

where,

and,

Where,
surface tension of testing drop
dispersion portion of surface tension
(testing drop, i)
surface tension contribution by acid
(testing drop, i)
surface tension contributed by base
(testing drop, i)

θi contact angle between solid and liquid
surface tension of solid sample
dispersion portion of surface tension
(testing surface, s)
surface tension contribution by acid
(testing surface, s)
surface tension contributed by base
(testing surface, s)
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5.4.1 Wettability Measurements of Mg Alloys/MMCs
The contact angle, wettability and surface free energy are inherently
interdependent parameters that are known to have significant influence on
biocompatibility of implants [68]. In this investigation, the water contact angle of
mechanically polished and anodized samples ranged between 70o – 110o. A decrease in
water contact angle was observed with alloying. However, anodization caused a slight
increase in the water contact angle, as illustrated in Figures 5.22 and 5.24. It should be
noted that there was no significant difference between the surface free energy of
mechanically polished and anodized samples as shown in Figures 5.23 and 5.25.
The surface layer of metal could be oxides or sulphides, followed by strong polar
bonds, water strongly interact with the –OH group and final layer with low surface
energy, Figure 5.21 [152]. Detailed parameters can be found in Appendix I. The surface
of bare metals is normally electropositive, the magnitude of which is dependent on the
type of surface treatment. Coating a metal surface takes advantage of a materials surface
free energy and in some cases, can lead to reduced risk of thrombosis [68]. The coating of
Nitinol and stainless steel implants with polymers was adopted to improve corrosion
resistance and reduce nickel leaching. But the advent of drug eluting polymer coated
stents witnessed an increase in thrombosis. This led to the introduction of thromboresistant hydrophobic polymers.
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Figure 5.2
21: Schematiic illustrating
g various layyers in metaals effecting iinterfacial fr
free
energy and poolarity.

In this investigation, the surrfaces of Mgg alloys/MM
MCs exhibitted high eleectron
donor (basic)) and low eleectron accep
ptor (acidic) characters, which are cconducive foor cell
viability as sh
hown in Tab
ble 5.1 and 5.2. Ponsonnnet et al. (22003) observved similar aacidic
an
nd basic chaaracteristics for titanium
m and titaniuum alloys annd reported good cell hhealth
[1
152]. The su
urficial layerrs of the allo
oys consist oof oxides thaat are conducive to provviding
sttrong polar bonds with water or am
mino acids. Studies havve also show
wn that materials
with
w low surfface free eneergy corresp
ponds to favoorable cellullar adhesionn and cell acctivity
[1
109,110]. Po
onsonnet et al.
a reported that
t
lower suurface free eenergy correesponds to hhigher
fiibroblast pro
oliferation and
a indicated
d an inflecttion point inn the range of 30-50 m
mJ/m2
[1
152]. Mani et al. (200
06) reported
d that highh surface ennergy increaases the rissk of
th
hrombogeniccity [111]. Figure
F
5.23 and 5.25, sshows the ppolar (p), diispersion (d)) and
hy
ydrogen bon
nding (h) co
omponents of
o surface frree energy oof mechanicaally polishedd and
an
nodized sam
mples, respecctively. Fracttional polaritty (FP = pollar/dispersionn + polar) raanged
frrom ~ 0-0.9,, where FP less
l
than 0.3
3 is a favorabble parameteer for good cellular adhhesion
[1
152].
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Studiees have show
wn that in caase of Ti andd Ti alloys loow interfaciaal free energgy (~5
mJ/m
m 2) with water can be associatte with opttimum biocoompatibilityy [158].

Inn this

in
nvestigation,, the interfaccial free eneergy (Acid-B
Base) of meechanically ppolished sam
mples
decreased witth alloying and
a ranged between
b
10-442 mJ/m2, w
whereas for aanodized sam
mples
itt ranged betw
ween 23-52 mJ/m2. Ano
odized Mg1Z
Zn1Ca1HA sshowed the llowest interffacial
frree energy, which
w
can bee favorable for
f cellular aactivity.

Figure 5.22:
5
Acid-Ba
ase theory co
ontact anglee, interfaciall free energyy and work of
adhesio
on componen
nts for mecha
anically poliished samplees (mean ± SSD, n = 10).
Table 5.1: Acid-Base, average valu
ues of surfacce free energgy componennts (mJ/m2) ffor
mechan
nically polishhed samples
Surface Freee Energy Com
mponents (mJ/m
m2)
Lifshitz-van der

Acidic ((Electron

Basic (Electtron

Waals

Acceeptor)

Donor)

LW

+

-

Mg1Zn (AC
CI)

30.1

00.4

0.1

300.5

Mg1Zn1Ca (A
ACI)

28.7

00.0

2.6

288.7

Mg1Zn1Ca8Gd
M
d (ACI)

30.5

00.1

2.0

31.4

Samples
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Tootal

Mg1Zn1Ca

28.3

0.0

8.5

28.3

Mg1Zn1Ca1HA

26.1

0.0

9.8

26.1

Mg1Zn1Ca3HA

23.4

0.0

6.0

23.4

Mg5Zn1Ca

26.4

0.0

4.3

26.4

Mg5Zn1Ca1HA

25.9

0.0

16.0

25.9

Mg5Zn1Ca3HA

30.6

0.0

16.9

30.6
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Figure 5.23
3: Kitazaki-H
Hata surfacee free energyy componentts of mechannically polishhed
sampless (mean ± SD
D, n = 10).

Figure 5.24:
5
Acid-Ba
ase theory co
ontact anglee, interfaciall free energyy and work of
adhesion
a
com
mponents forr anodized saamples (meaan ± SD, n = 10).
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Table 5.2: Acid-Base, average vallues of surfacce free energgy components (mJ/m2) ffor
anodized
a
sam
mples
Surface Frree Energy Com
mponents (mJ//m2)
Lifshitz-van
L
derr

Acidic (Electron

Basic (Elecctron

Waals

Accceptor)

Donor))

LW

+

-

Mg1Zn (A
ACI)

30.8

0.0

1.9

30.8

Mg1Zn1Ca (ACI)
(

28.9

0.0

0.9

28.9

Mg1Zn1Ca8Gd
M
d (ACI)

24.3

0.0

0.3

24.3

Mg1Zn1C
Ca

27.6

0.0

3.5

27.6

Mg1Zn1Ca1HA

29.6

0.0

7.7

29.6

Mg1Zn1Ca3
3HA

27.7

0.0

0.1

27.7

Mg5Zn1C
Ca

27.9

0.0

3.5

27.9

Mg5Zn1Ca1HA

30.7

0.0

0.8

30.7

Mg5Zn1Ca3
3HA

31.9

0.0

0.0

31.9

Anodized Sam
mples

Total

Figure
F
5.25:: Kitazaki-H
Hata surface free
f
energy componentss of anodizedd surfaces (m
mean
± SD, n = 110).
.
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6.0

DETERMINATION OF MECHANICAL PROPERTIES

6.1

Elastic Modulus and Hardness Via Nanoindentation
The bulk hardness and Young’s modulus of elasticity were determined using a

MTS Nanoindenter XP with a diamond Berkovich indenter. Due to the large grain size of
the specimens, high peak loads (~500 mN) were used, which leads to deeper indentations
that provide more accurate bulk properties. At least 10 indentations (spaced 100 microns
apart) were used to estimate the modulus and hardness of the specimen. The OliverPharr [173] approach was adopted, where the load displacement is defined as:
=∝ ℎ
where, P is the indenter load, h is the elastic displacement of the indenter and α and m are
constants.
The elastic modulus was calculated by the load displacement behavior described
in the following equation:
1

=

1−

+

1−

where, E is Young’s modulus, ν is Poisson’s ratio and

and

are the indenter

parameters.
The experimental method was designed to minimize errors due to thermal drift,
machine compliance, etc. The stiffness (Young’s modulus) was evaluated from the
unloading curve by taking the derivative at the inception of the best-fitted polynomial
function with respect to the displacement, i.e. dP/dh. The contact area was defined by a
polynomial function obtained by using reference data from a fused silica specimen with a
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known modulus (72.1 GPa by ultrasonic measurements) and hardness. The area function
was calculated for a depth greater than the maximum depth penetrated in the specimens,
where the tip radius was calibrated using a tungsten specimen.
6.2

Vicker’s Hardness
Vicker’s hardness test was performed in accordance with ASTM E 384-07 [174]

using a Zhongguo HXD-100 TMC Shanghai Taiming Optical Instruments microhardness tester applying loads of 10, 25 and 50 grams with a dwell time of 10 seconds.
The force applied to the indenter (a square-based pyramidal shaped diamond indenter
with face angle 136o, Figure 6.1) was divided by the surface area of the permanent
impression made by the indenter. Vicker’s hardness was calculated using the average of
the two diagonals in the following formula:
HV = (constant) x (test force) / indent diagonal squared
The constant is a function of the indenter geometry and the units used for
quantifying force and diagonal dimensions. It was assumed that no elastic recovery
occurred after the loading cycle once the indenter was removed. Special precautions
were taken during the measurements to minimize vibration and to ensure that the
specimen was flat and level during indentation.
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Figure 6.1: Schematic of indentation dimensions during Vicker’s hardness test [175].
6.3

Results and Discussions of Mechanical Properties
Reliable results are obtained by the Oliver-Pharr method when the ratio of hf/hmax

is less than 0.7, where hf is the final displacement at complete unloading and hmax is the
maximum depth of penetration during a nanoindentation test [176]. This approach does
not account for possible pile-up behavior. The Mg alloys/MMCs exhibited mainly plastic
behavior, where indentation measurements at depths greater than 1000 nm and peak loads
greater than 25 mN produced mechanical properties that are relatively constant with
indentation and are representative of the bulk material. However, an increase in the
modulus was observed with the addition of alloying elements. Due to the possibility of
the formation of oxides on the surface of the Mg alloys/MMCs, shallow depths less than
1000 nm were not utilized in the determination of mechanical properties. Additionally,
since grain-sizes of the samples were greater than 60 microns (section 5.2), mechanical
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properties based on indentation at depths greater than 1000 nm were considered
comparable to those of the bulk.
Tao et al. (2008) reported that micro hardness of MgZnCa increased from 59.3
GPa to 120.8 GPa with age hardening and that addition of Ca lead to the formation of
hardening phases such as: Mg2Ca and Ca2Mg6Zn3 [104]. Witte et al. (2007) determined
the Vicker’s hardness Mg alloys by applying a 1000 µN load and obtained a hardness of
73 GPa – 111 GPa, although lower hardness was observed with large and inhomogeneous
conglomerates [177]. The Young’s modulus of AZ91D and Mg MMC/HA was reported to
be 40 GPa [177], which is comparable with that obtained in the present investigation.
In this investigation, the hardness and the modulus of the specimens remained
almost constant at depths greater than 1000 nm at various peak loads as shown in Figure
6.2 (a), (b) and (c). MgZnCaGd exhibited the highest modulus (~52 GPa) and hardness (~
1.2 GPa) followed by MgZnCa/nHA modulus (~ 45-50 GPa) and hardness (~ 0.8-1.1
GPa). This was attributed to grain boundary segregation of Zn, Ca and HA in the case of
MgZnCa/nHA and Zn, Ca and Gd for MgZnCaGd. It was reported that Zn, Ca and HA
act as grain-refining agents and contribute to solid solution formation, precipitation and
grain boundary strengthening as previously discussed in Chapter 5. Gd improved the
strength and creep resistance of Mg alloys, and Zn along with other alloying elements,
improved the strength and corrosion resistance of Mg [38]. With the addition of Ca and
Gd in MgZn, the average displacement curves of MgZnCa and MgZnCaGd show an
increase in the work of indentation or the hysteresis loop energy.
The hardness of Mg alloys/MMCs was determined by Nanoindentation (Figure
6.3) and by Vicker’s hardness (Figure 6.4). The results by each method were comparable
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an
nd ranged beetween 0.7-1
1.4 GPa. Mg1Zn and M
Mg1Zn1Ca exxhibitted thee lowest harddness
~ 0.8 GPa, wh
hich increased with the addition
a
of G
Gd and Zn too MgZnCa (~1.2 GPa).
(a)
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Figure 6.2: Nanoindenta
N
ation: (a) Tyypical load V
Vs displacem
ment curves ffor 200 mN ppeak
load, (b) Peeak load Vs modulus;
m
Mg
g1Zn, Mg1Zn
Zn1Ca and M
Mg1Zn1Ca8G
Gd and (c) P
Peak
load Vs modulus; Mg1Zn1Ca,
M
Mg1Zn1Ca1
M
1HA, Mg1Znn1Ca3HA, M
Mg5Zn1Ca,
Mg5Zn1C
Ca1HA and Mg5Zn1Ca3
M
3HA (mean ± SD, n = 100).
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Figure 6.3: Hardness
H
ca
alculated by Oliver Pharrr approach:: (a) Mg1Zn,, Mg1Zn1Caa and
Mg1Zn1C
Ca8Gd and (b
b) Mg1Zn1C
Ca, Mg1Zn1C
Ca1HA, Mgg1Zn1Ca3HA
A, Mg5Zn1C
Ca,
Mg5Zn1C
Ca1HA and Mg5Zn1Ca3
M
3HA (mean ± SD, n = 100).

Figure 6.4:: Load Vs ha
ardness calculated from Vicker’s harrdness (meaan ± SD, n = 5).
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6.4

Ultim
mate Tensilee Strength
Ultim
mate tensile strength meeasurementss were condducted at B
Brunel Univeersity

[1
113]. As compared with
h biodegrad
dable Mg al loys, polym
mers possess low mechaanical
prroperties [88
8,135]. The mechanical properties oof Mg alloyss are similar to that of huuman
bone, which can reducess stress shieelding [113]. Zibiao Li (2010) repoorted mechaanical
prroperties of selected Mg
g alloys/MM
MCs as show
wn in Figuree 6.5[113], w
where the teensile
sttrength of MgZnCaHA
M
increased with
w
Zn andd HA conteent. As alreaady discussed in
Section 5.2, the
t addition of Zn and HA
H restrictss grain grow
wth, which leeads to imprroved
mechanical
m
properties.
p
According to the Halll-Petch equuation, therre is an innverse
reelationship between
b
graiin size and yield strenggth. In this ccase, yield sttrength increeased
with
w reduced
d grain size [113]. Thus, with the aaddition of H
HA increaseed the tensilee and
yield strength
h by serving
g as load tran
nsfer sites inn metal mattrices [113]. However, itt was
reeported that the scatter in
n the elongattion data waas due to miccrostructurall defects [113].

Figure
F
6.5: Approximate
A
e tensile prop
operties of M
Mg alloys/MM
MCs adoptedd from Zibiao Li,
M. Phill thesis at Brrunel Univerrsity, Brunel Center for A
Advanced Soolidification
Technology
T
(BCAST),
(B
Auugust 2010 [1
[113].
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7.0

BIOCOMPATIBILITY STU
UDIES
The biocompatib
b
bility of im
mplant mateerials is m
mainly depeendent on basic

haracteristics such as material
m
com
mposition, nnature and tthickness off the passivvating
ch
laayer, surfacce morpholo
ogy, surface charge aand wettabiility. Alloyiing and suurface
trreatments ch
hange the aforemention
a
ned surface properties, which in turn affect their
biocompatibility. In this research, alloying of M
Mg with Zn, C
Ca, Gd and H
HA improveed the
mechanical
m
properties
p
and
a
corrosio
on resistancce as discusssed in Chhapters 4 annd 6.
Biocompatibi
B
ility assessm
ment of a maaterial usuallly comprisees of in-vitroo corrosion tests,
ceell proliferaation and cy
ytotoxicity of
o ions releaased on cellls. The folloowing schem
matic
diagram show
wn in Figuree 7.1 illustrattes the approoach that waas adopted inn this researrch to
ellucidate the biocompatib
bility of Mg alloys/MMC
Cs.

Figure
F
7.1: Schematic
S
reepresentation of proceduure adopted ffor biocomppatibility stuudies.
Bioab
bsorbable Mg
M alloys/MM
MCs are coomposed off alloying eelements thaat are
esssential in human
h
metaabolic and healing
h
pro cesses. For example, C
Ca and Mg ions
reeleased from
m the aforem
mentioned maaterials couldd prolong bllood clottingg time as repported

1331

by R.G. Huntsman et al., 1960 [67]. It is envisaged that the usage of biodegradable Mg
alloys/MMCs for the manufacture of stents and orthopedic implants will obviate the need
for repeat surgical procedures, which increase healthcare costs and possibility of patient
morbidity.
7.1

Endothelial Cell Proliferation on Mg Alloys/MMCs
Damage to the endothelium layer and exposure of the subendothelial matrix at the

site of arterial injury may result in intimal hyperplasia (a physiological healing response
after damage to blood vessels that causes thickening of the walls), which leads to in-stent
restenosis (narrowing of blood vessels with >50% luminal closure) [137]. Restenosis
remains a significant problem, with 15%-20% of patients affected after primary stenting.
Restenosis occurs typically 3 to 6 months after installation of stents. Drug eluting stents
(DES) evolved in an effort to prevent in-stent restenosis. On the other hand, surfaceinduced thrombosis also causes failure of cardiovascular stents, which may be reduced if
the stent surface is rendered suitable for endothelialization. Biodegradable Mg
alloys/MMCs have been used to minimize the effects of thrombosis and in-stent
restenosis [195]. Maier et al. (2004) reported Mg deficiency promotes atherosclerosis,
thrombosis and hypertension [138].
The growth of human pulmonary artery endothelial cells (HPAEC, Fischer
Scientific, catalog# PH30205AK) on the surface of magnesium samples was assessed
using the ISO 10993 protocols for biological evaluation of medical devices. Endothelial
cells were maintained in accordance with the instructions provided by the commercial
source (Fischer Scientific, catalog# PH30205AK). The cells were first cultured in a T-75
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cell culture flask using F-12K as the medium, the composition of which is listed in Table
7.1. When cells were 90% confluent, they were trypsinized, centrifuged and then resuspended in culture media for cell counting and cell seeding as further discussed
elsewhere [68].
In order to assess endothelial cell proliferation, Mg samples of dimensions 0.414”
x 0.414” x 0.08” were placed into a 24-well plate and seeded with 50×103 cells per well.
Cell culture plates with samples in cell culture media were incubated for 48 hours at 37
ºC under 5% CO2. Later, the cell culture media was removed and the samples were gently
washed with Dulbecco’s phosphate buffered saline (DPBS). 2ml of Hoechst dye (5µM)
and Mitotracker Red dye (100nM) were added into the wells. Hoechst dye was used to
highlight the nuclei of the cells, while Mitotracker Red dye was used to highlight the
mitochondria of the cells. The plates were again incubated for 20 minutes, after which the
samples were washed 3 times with DPBS. Finally, the cells were fixed on the surface of
the samples with 10% formaldehyde and covered by glass slides. Due to fast degradation
and hydrogen gas evolution from the samples, no clear evidence of cellular activity was
observed. In addition, the metal oxide that is continuously produced on the surface may
have engulfed cells. Thus, cellular proliferation may have been obscured and/or inhibited
by simultaneous degradation, hydrogen evolution, localized pH increase and oxide
formation. Further investigation is needed to elucidate this phenomenon.
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Table 7.1: Composition of F-12K medium used for endothelial cells [68]

Inorganic Salts

g/L

Amino Acids

g/L

Amino Acids

g/L

Vitamins

g/L

Other

g/L

CaCl2·2H2O

0.13524

L-Arginine (free
base)

0.42140

LPhenylalanine

0.00991

D-Biotin

0.0000733

D-Glucose

1.26000

CuSO4·5H2O

0.000002

L-Alanine

0.01782

L-Proline

0.06906

Choline Chloride

0.01396

FeSO4·7H2O

0.000834

L-Asparagine·H2O

0.03020

L-Serine

0.02102

Folic Acid

0.00132

MgCl2·6H2O

0.10572

L-Aspartic Acid

0.02662

L-Threonine

0.02382

Hypoxanthine

0.00408

MgSO4
(anhydrous)

0.19264

L-Cysteine·HCl·H2O

0.07024

L-Tryptophan

0.00408

Myo-Inositol

0.01802

KCl

0.28329

L-Glutamic Acid

0.02942

L-Tyrosine
(free base)

0.01087

Nicotinamide

0.0000366

KH2PO4
(anhydrous)

0.05852

L-Glutamine

0.29220

L-Valine

0.02342

D-Pantothenic
Acid

0.000477

NaHCO3

1.50000

Glycine

0.01501

Putrescine·2HCl

0.000322

Na2HPO4

0.11502

LHistidine·HCl·H2O

0.04192

Pyridoxine·HCl

0.0000617

NaCl

7.59720

L-Isoleucine

0.00782

Riboflavin

0.0000376

ZnSO4·7H2O

0.000144

L-Leucine

0.02624

Thiamine·HCl

0.000337

L-Lysine·HCl
L-Methionine

0.07304

Thymidine

0.00895

Vitamin B-12
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0.000727
0.001355

Phenol Red,
Sodium Salt
Sodium
Pyruvate
Lipoic Acid

0.00332
0.22000
0.00021

7.2

Cytotoxicity of Leached Ions on Endothelial Cells by SRB Assay
The effect of dissolved ions released from Mg alloys/MMCs in PBS during in-

vitro corrosion tests on Human Pulmonary Artery Endothelial Cells (HPAEC) was
assessed by sulphorhodamine B (SRB) assay. The cells were thawed on receiving and
seeded in T-75 tissue culture flasks in endothelial cell growth medium (Fischer Scientific,
Catalog# PM211500). Once the cells were 90% confluent in the flask, the cells were
trypsinized and centrifuged for 5 minutes at 1700 rpm. The supernatant was removed and
the cell pellet was dissolved in media. Cells were counted using the cell counting device
(Bio-Rad TC 10, automated cell counter) and the media was further added to achieve a
cell concentration of 105 cell/ml. 200µl of cell solutions (approx 20,000 cells/well) were
placed in three 96 well plates. Endothelial cells in the wells were exposed to three
different concentrations of corrosion extract (10%, 50% and 100%; with the remainder
being cell culture media) over periods of 2, 4 and 7 days. The corrosion extracts were
prepared by dissolving 10% FBS, 1% Penstrep into the PBS collected after corrosion.
The well plates were then placed in an incubator at 37 oC and 5% CO2 in a humidified
environment. The viability of the HPAEC was assessed over different time periods using
SRB assay and their relative survivability were measured from the absorbance measured.
The total concentration of Mg, Zn, Ca, Gd and HA ions in 100% corrosion extract
was ~114.8 μg/mL, with individual ionic concentrations of: Mg = 33.0; Zn = 0.8; Ca =
81.0 and Gd = 0.01 μg/mL. Subsequently, a 50% corrosion extract contained a total
dissolved ion concentration of ~57.4 μg/mL, with individual ionic concentrations of: Mg
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= 16.5; Zn = 0.4; Ca = 40.5 and Gd = 0.01 μg/mL; and 10% corrosion extract contained a
total dissolved ion concentration of ~11.5 μg/mL, with individual ionic concentrations of:
Mg = 3.3; Zn = 0.1; Ca = 8.1 and Gd = 0.001 μg/mL.
Figure 7.2 shows the cytotoxicity assessment of corrosion extracts from
mechanically polished Mg samples in PBS at 37 oC. All samples exhibited an increase in
cell growth in extracts of 10% and 50% over periods of 2, 4 and 7 days, which was
comparable with that of the control. With a 100% corrosion extract from all samples, the
net growth rate of cells decreased except for the Mg1Zn1Ca3HA extract, in which
endothelial cells proliferated. These results are supported by ICP-MS analysis (Appendix
I, Table A.11), where the concentration of Zn in the Mg1Zn1Ca3HA extract was at least
1 order of magnitude lower than the Zn concentration in all other extracts. The
concentration of Zn appeared to be some what toxic to cells of all the ions. Furthermore,
the concentrations of leached ions from Mg1Zn1Ca3HA were comparable with those in
the F-12K cell culture media as shown Table 7.2, where again the Zn concentration was
low relative to Mg and Ca. It should be noted that the culture media and 100% extract
from Mg1Zn1Ca3HA had similar concentrations of dissolved ions, which corroborate
with similar cell survivability measured in both solutions.
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Figuree 7.2: Net grrowth rate off endotheliall cells expossed to leacheed ions from
mechanica
ally polished
d samples durring static im
mmersion tesst (mean + SSD, n = 3): ((a)
Mg1Zn (ACI); (b) Mg1
1Zn1Ca (AC
CI); (c) Mg1Z
Zn1Ca8Gd ((ACI); (d) M
Mg1Zn1Ca; ((e)
Mg1Zn1C
Ca1HA; (f) Mg1Zn1Ca3H
M
HA; (g) Mg55Zn1Ca; (h)) Mg5Zn1Caa1HA; and (i
(i)
Mg5Zn1Ca
a3HA. Statisttical significcance (p < 0..05) was anaalyzed usingg the Tukey teest.

7.3

Osteob
blast Cell Proliferation
n on Mg Allooys/MMCs
Osteoblast cells are
a a cell line responsibble for recoonstruction aand formatioon of

bones. Cell adhesion is the initial interaction with an im
mplant surfa
face followeed by
sp
preading, wh
hich forms th
he basis for propagationn. Initially affter implantaation, the cellls do
not commun
nicate directtly with thee implant, but are guided to sitees by bioloogical
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interactive molecules. This process consists of two parts, namely the physicochemical
bond formed between the cells and the material’s surface and adhesion, which are
assisted by various extra cellular matrix proteins, cytoskeleton proteins and adhesion
molecules. The resulting interactions result in the formation of either a fibrous tissue or a
strong bone bond [178].
The cell culture media was prepared by mixing Dulbecco's Modified Eagle
Medium:Nutrient Mixture F-12 (DMEM/F-12)with 2.5 mM L-glutamine, 0.3 mg/ml
G418 and fetal bovine serum. The composition of the DMEM/F-12 medium used for
osteoblast cells is shown in Table 7.2. The cell culture medium was replaced in the flask
after every 36 hours to remove the dead cells and to provide additional nutrients for the
existing cells, because the cell-number doubling time for the osteoblast cells has been
reported to be approximately 36 hours at 34 oC. Once the cells were confluent in the cell
culture flask (approximately after 5 to 7 days ) they were trypsinized. The cells were then
utilized in subsequent cell growth and cytotoxicity tests.
Human osteoblast cells (hFOB 1.19 cells, ATCC, Manassas, VA, USA) at a
concentration of 105 cells/ml, were cultivated on the pre-cleaned surface of mechanically
polished samples in an incubator at 37 oC under 5% CO2 for 48 hours. The cells were
then washed with PBS and fixed with 25% formalin solution (1:3 formalin and PBS,
Thermo-Shandon, 990244) for SEM analysis [10,188].
SEM analysis revealed poor cell visibility, which was attributed to localized pH
increase, hydrogen evolution and simultaneous oxide formation on Mg alloys/MMCs.
Similar observations have been reported by various researchers, who suggested that the
cells may be present in cracks, crevices and under the oxide layers [115].
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Table 7.2: Composition of DMEM/F-12 medium used for osteoblast cells [189,190,191,192,193]

Inorganic Salts

g/L

Amino Acids

g/L

Amino Acids

g/L

Vitamins

g/L

Other

g/L

CaCl2 (anhydrous)

0.1166

Glycine

0.01875

L-Proline

0.01725

Biotin

0.0000035

D-Glucose

3.151

CuSO4·5H2O

1.3E-06

L-Alanine

0.00445

L-Serine

0.02625

Choline Chloride

0.00898

HEPES

3.5745

Fe(NO3)3"9H2O

0.00005

L-Arginine
hydrochloride

0.1475

L-Threonine

0.05345

D-Calcium
pantothenate

0.00224

Hypoxanthine
Na

0.00239

FeSO4·7H2O

0.000417

L-Asparagine·H2O

0.0075

L-Tryptophan

0.00902

Folic Acid

0.00265

Linoleic Acid

0.000042

MgCl2
(anhydrous)

0.02864

L-Aspartic Acid

0.00665

L-Tyrosine
disodium salt
dihydrate

0.05579

Niacinamide

0.00202

Lipoic Acid

0.000105

MgSO4 (anhydrous)

0.04884

L-Cysteine·
hydrochloride-H2O

0.01756

L-Valine

0.05285

Pyridoxine
hydrochloride

0.002

KCl

0.3118

L-Cysteine·2HCl

0.03129

Riboflavin

0.000219

NaHCO3

1.2

L-Glutamic Acid

0.00735

NaCl

6.9955

0.365

Na2HPO4

0.07102

L-Glutamine
L-Histidine
hydrochloride-H2O

Thiamine
hydrochloride
Vitamin B12

0.03148

i-Inositol

Na2HPO4H2O

0.0625

L-Isoleucine

0.05447

ZnSO4·7H2O

0.000432

L-Leucine

0.05905

L-Lysine hydrochloride

0.09125

L-Methionine

0.01724

L-Phenylalanine

0.03548
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0.00217
0.00068
0.0126

Putrescine
2HCl
Sodium
Pyruvate
Thymidine

0.000081
0.055
0.000365

7.4

Cytotoxicity of Leached Ions on Osteoblast Cells by SRB Assay
The viability of osteoblast cells (ATCC, catalog# CRL11372) exposed to

dissolved ions in PBS after corrosion were assessed by SRB assay. The cells were thawed
on receiving and seeded in T-75 tissue culture flasks in culture medium that was made
from 89% base media (Invitrogen, Catalog# 11039-021), 10% FBS (ATCC, Catalog# 302020), 1% Penstrep (ATCC, Catalog# 30-2020) and 0.3mg/ml of G 418 of the base
media. Once the cells were 90% confluent in the flask, the cells were trypsinzed and cell
concentration was made upto 105cells/ml. 200µl of that cell solution (approx 20,000
cells) were placed in three 96 well plates. Osteoblast cells in the 96 wells were exposed to
three different concentrations of corrosion extract (10%, 50% and 100%) over periods of
2, 4 and 7 days. The corrosion extracts were prepared by mixing FBS, penstrep and G
418 with PBS after corrosion, so that aforementioned media and prepared extracts had
similar concentrations of FBS, penstrep and G 418. The well plates were then placed in
an incubator at 37 oC and 5% CO2 in a humidified environment. The viability of the
osteoblast cells was assessed over different time periods using SRB assay and their
relative survivability was measured from the absorbance measured.
As was discussed in section 7.2, again the total concentration of Mg, Zn, Ca, Gd
and HA ions in 100% corrison extract was ~114.8 μg/mL, with individual ionic
concentrations of: Mg = 33.0; Zn = 0.8; Ca = 81.0 and Gd = 0.01 μg/mL. Subsequently,
a 50% corrosion extract contained a total dissolved ion concentration of ~57.4 μg/mL,
with individual ionic concentrations of: Mg = 16.5; Zn = 0.4; Ca = 40.5 and Gd = 0.01
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μg/mL; and 10% corrosion extract contained a total dissolved ion concentration of ~11.5
μg/mL, with individual ionic concentrations of: Mg = 3.3; Zn = 0.1; Ca = 8.1 and Gd =
0.001 μg/mL.
Figure 7.5 shows the survivability of osteoblast cells in the presence of different
concentrations (10%, 50% and 100%) of corrosion extracts. The growth rate increased in
10% extract from all samples. With 50% and 100% extract from all samples, there was
no significant difference in the net growth after 2, 4 and 7 days. However, as compared
with the control, there was a decrease in net growth of ~ 30 and ~ 60 % of cells exposed
to 50% and 100% extracts respectively from all samples.
The cell exposed to 50% extract from Mg alloys/MMCs with HA exhibited an
increase in growth after 4 days. This was due to the presence of HA, which is known to
induce osseointegration. The chemical composition of HA is similar to the mineral
crystallites present in human bone i.e. calcium phosphate (Ca10(PO4)6(OH)2), a
bioceramic [56].
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Figuree 7.3: Net grrowth rate off osteoblast ccells exposeed to leachedd ions from
mechanica
ally polished
d samples durring static im
mmersion tesst (mean + SSD, n = 3): ((a)
Mg1Zn (ACI); (b) Mg1
1Zn1Ca (AC
CI); (c) Mg1Z
Zn1Ca8Gd ((ACI); (d) M
Mg1Zn1Ca; ((e)
Mg1Zn1C
Ca1HA; (f) Mg1Zn1Ca3H
M
HA; (g) Mg55Zn1Ca; (h)) Mg5Zn1Caa1HA; and (i
(i)
Mg5Zn1Ca
a3HA. Statisttical significcance (p < 0..05) was anaalyzed usingg the Tukey teest.

Figuree 7.4 shows optical imag
ges of osteobblast cells cuultured for 22, 4 and 7 daays in
th
he same con
ntrol described above and in 10%
% extract m
media. Net cell growthh was
ob
bserved in the control and
a 10% corrrosion extraacts from meechanically ppolished Mgg1Zn,
Mg1Zn1Ca
M
and
a Mg1Zn1
1Ca8Gd. Ho
owever, the number of dead cells iin 10% corrosion
ex
xtract appeared to increaase after 4 daays.
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Figure 7.4
4: Optical morph
hologies of osteo
oblast cells thatt were cultured in
i the control (C
C) and 10% extrract (E) concenttrations of
MgZn,
M
MgZnCa and MgZnCaGd
d alloys from co
orrosion test run
ns in PBS for (a)
a) 2 days, 4 dayss and (c) 7 days..
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The
T
growth of osteoblaast cells ex
xposed to eextracts from
m anodized samples dduring
dynamic immersion in PBS at 37
7 oC was ev
valuated afterr 2, 4 and 7 days and is shown in F
Figure
ppreciable difference
d
beetween the nnet growth rrate of cells exposed to 10%
7.5. Therre was no ap
corrosion
n extract and
d that of the control oveer time. How
wever, there was 50% deecrease in thhe net
growth raate of cells exposed
e
to 50%
5
corrosion extract aafter day 2; ffollowed by a slight deccrease
after day
y 4; and 80%
% decrease after
a
day 7. Cells
C
exposeed to 100% corrosion exxtract exhibiited a
net grow
wth rate of ~ 20%
2
by day 2 with a slig
ght decreasee over time. Note that a similar trendd was
observed
d for mechan
nically polish
hed samples under static conditions.
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Figure 7.5: Net gro
owth rate of osteoblast
o
ceells exposed to leached iions from annodized sampples
dy
imm
mersion test (mean
(
+ SD, n = 3): (a) Mg1Zn (AC
CI); (b) Mg1Z
Zn1Ca (ACI)
I); (c)
during dynamic
Mg1Zn1Ca8Gd (ACII); (d) Mg1Z
Zn1Ca; (e) Mg1Zn1Ca1H
M
HA; (f) Mg11Zn1Ca3HA;; (g) Mg5Zn1Ca;
(h) Mg
g5Zn1Ca1HA
A; and (i) Mg5Zn1Ca3H
M
HA.Statisticaal significancce (p < 0.05)) was analyzzed
using the Tukey teest.
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Statistical Analysis
A standard analysis was performed using SPSS software (IBM, Version 20, Armonk,
New York) by comparing the significant differences in cytotoxicity of both endothelial and
osteoblast cells and using a one-way analysis of variance (ANOVA) and post-hoc Tukey test. P
values < 0.05 were considered statistically significant. The tests were conducted with respect to
control values of the respective time periods.
7.5

Monitoring Osteoblast Cell Growth on Mg Alloys/MMCs - Electrochemical

Impedance Spectroscopy
Electrochemical Impedance Spectroscopy (EIS) was used to monitor the osteoblast cell
growth on the surface of Mg1Zn. During our previous attempts to grow cells on Mg
alloys/MMCs, no cells were observed on the surface. This was attributed to simultaneous
degradation, hydrogen evolution, localized pH increase and oxide formation. Hence, an
electrochemical approach was adopted to monitor the cellular activity on Mg alloys/MMCs. The
EIS data is presented in the form of Nyquist plots, where impedance at higher frequency
corresponds to diffusion limited electron transfer process (solution resistance) and that at lower
frequency corresponds to charge transfer limited process. Generally, the semicircle diameter
signifies the magnitude of electron transfer resistance, which is controlled by surface
modifications such as, coating, oxides, film, etc. In this investigation, adhesion of cells on the
surface of sample (working electrode) delayed the interfacial electron transfer kinetics and
increased the electron transfer resistance as shown in Table 7.3.
A three-electrode corrosion cell was used for EIS employing carbon as counter electrode,
silver/silver chloride (Ag/AgCl) as the reference electrode and magnesium alloys with an
exposed area of 0.50 cm2 as the working electrode. All tests were conducted at a scan rate of 1.0
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mV/s in an incubator under 5% CO2 at 34 oC in cell culture media. The frequency ranged from
1.0E-02 Hz to 1.0E+05 Hz with 10 points per decade. Prior to conducting each experiment, the
corrosion cells were first cleaned with detergent, then cleaned with acetone, ethanol and distilled
water. Furthermore, the sterilization was performed by autoclaving at 126 oC for 30 minutes.
Figure 7.6 (a and b) shows the Nyquist plots of Mg1Zn alloy before and after inoculation with
osteoblast cells for 4 days (96 hours). Table 7.3 shows that the charge transfer resistance (Rct)
increased gradually with increasing culture time. This indicated that cells adhered on the surface
of the working electrode during the cell culturing process, which resulted in a higher electron
transfer barrier. The double layer capacitance (Cdl) ranged between 9-16 μF/cm2, which indicated
increase in the capacitative behavior at metal/oxide/cells interface. The value of the Cdl depends
on many variables including electrode potential, temperature, ionic concentrations, type of ions,
oxides, electrode roughness, impurity adsorption, etc. In this study, an increase in Rct was
observed with increased incubation time, confirming cellular adhesion on the surface of Mg
alloys.
Table 7.3: The electrochemical impedance parameters of Mg1Zn in cell culture media with
osteoblast cells at different time intervals
Rct (Ω.cm2)

Cdl (μF/cm2)

Before Cell Culture, Day 4

1.36E+03

16

After Cell Culture, Day 1

2.28E+03

9

After Cell Culture, Day 2

3.87E+03

13

After Cell Culture, Day 3

3.97E+03

14

After Cell Culture, Day 4

4.09E+03

14

Mg1Zn
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Figure 7.6: Effect of time on ossteoblast cellls growth onn Mg1Zn by electrochem
mical impedaance
spectrosccopy: (a) witthout cells aand (b) with ccells.
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8.0

EFFECT OF SURFACE ROUGHNESS

8.1

Effect of Surface Roughness on Electrochemical Behavior and Wettability
Surface defects and roughness are known to initiate corrosion. In most cases, pitting

corrosion occurs in which an intense attack of chloride ions occur at localized sites on the surface
of an implant, while the remainder of the surface corrodes at a much lower rate, either because of
the formation of a protective oxide layer or due to physiological conditions. Another contributing
factor is the presence of reactive sites, where a specific region on the surface behaves as if they
are more anodic or cathodic in nature.
Cell adhesion and proliferation are essential properties of an implant, where such
inefficiency could lead to poor integration with the tissue. Wettability, roughness, morphology,
texture, charge and chemical composition also influence cellular activity on implants [109].
Several mechanical (polishing, coating) and chemical treatments (electropolishing, anodizing,
etc.) have been employed to enhance the performance of magnesium (Mg) alloys for implant
application. Nevertheless, surface roughness is an ideal parameter for assessing the performance
of an implant. Roughness affects corrosion potential, and thus, the alloy’s susceptibility to pitting
corrosion [180]. Furthermore, the diffusion of the corrosion species (e.g. chloride ions) can be
affect by surface roughness [180,181,182]. With the surface roughness it is possible to change
the surface features mainly energy level and topography. It has been reported that implants
success is not only dependent on surface physiochemical properties but also on its roughness
[144,145,146,147,148,149,150,151]. The integration of these new class of alloys into the human
body is complex and a challenge. SFE is an important parameter for cellular activity. The surface
roughness and irregularity contribute to biomechanical interlocking, which are responsible for
osseointegration reinforcement [154].
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This chapter compares the contact angle (CA), surface free energy (SFE), fractional
polarity (FP) and corrosion rate (CR) parameters at different surface roughness.

As cast

Mg1Zn1Ca (wt%) alloys were mechanically polished to various degrees of surface roughness.
Electrochemical techniques (potentiodynamic and electrochemical impedance spectroscopy, EIS)
and wettability tests were performed to study the influence of surface roughness on
electrochemical passivation and surface free energy, respectively. Furthermore, microstructure,
and surface morphology of the alloys were assessed using SEM/EDS.
Ingots of Mg1Zn1Ca (wt%) were cut into cubes of dimensions 0.4x0.4x0.1 (inch), which
were then mechanically polished to achieve four different degrees of roughness. The roughness
of the alloys was varied by polishing the alloy with Silicon Carbide (SiC) and carbimet surfaces.
The abrasive sheets and diamond paste (DP) were purchased from Buehler® and lubricants
(ethanol, 99.9% and ethylene glycol) from Sigma-Aldrich. The usage of water based solutions
was avoided during sample preparation, in order to prevent hydrolysis of the alloy. Instead of
water, ethanol was used with SiC and a mixture of ethanol:ethylene glycol (3:1) with diamond
paste on the carbimet surface. The surface roughness of the alloys was determined by optical
profilometer and the data was analyzed by Scanning Probe Image Processor (SPIP).
Phosphate Buffered Saline (PBS, Sigma Aldrich) was used as the standard test solution
for electrochemical studies. Potentiodynamic polarization and electrochemical impedance
spectroscopy tests were performed at 37 oC in accordance with ASTM G 102-89 [160] and
ASTM G 3-89 [183], respectively. Potentiodynamic polarization tests were conducted at a scan
rate of 1.0 mV/s. The electrolyte was purged with high purity nitrogen for 30 minutes prior to
immersion of the sample, as well as continuously during the corrosion test. Faraday’s law was
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used to calculate the corrosion rate (CR), in terms of penetration rate of the alloys, determined
by:
CR = (Icorr.K.EW)/(ρ.A)
Where, Icorr is the corrosion current (amps), K is a constant for the corrosion rate (3272
mm/amp.cm.year), EW is the equivalent weight in grams/equivalent, A is the sample area (0.28
cm2) and ρ is the density (1.69 g/cm3) of the alloy calculated by Archimedes principal.
EIS tests were also conducted in PBS under high purity nitrogen to determine the effect
of alloying elements on the charge transfer resistance and were conducted in the frequency range
from 1.0E-02 Hz to 1.0E+05 Hz with 10 points per decade.
Contact angles and surface free energy were measured using a Kyowa contact angle meter model
DM-CE1 and adopting the sessile drop method. Surface morphologies of the alloys were studied
by scanning electron microscopy (SEM, JEOL JSM 6330F), at an accelerated voltage of 20 kV.
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8.1.1 Roughn
ness Effect - Results an
nd Discussioon
Table
T
8.1 sho
ows the surfface roughneess (Sa) and roughness m
mean (Smean) values obtained
from the optical proffilometer. A decrease in surface rouughness was observed with an increaase in
grit size of the grin
nding surfacee. Figure 8..1 and 8.2 sshows the iimages of thhe alloy surrfaces
prepared at various roughnessess. A decreasse in size annd density oof pores and scratches were
observed
d with decreaasing surfacee roughness.
Table 8.1:Lubricants and abra
asives used during
d
sampple preparatiion and averrage roughneess
pa
arameters
Sample Finish
F

Lubrican
nt

Sa (μm)

Smean (μm
m)

SiC P-24
40

Ethanol

00.63

-1.33

SiC P-32
20

Ethanol

00.37

-0.14

SiC P-40
00

Ethanol

00.18

0.24

Ethanoll-Ethylene Glycol
G
(3:1)

00.04

-0.08

C-DP 0.0
05 µm
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Figure 8.1:
8 Interferrence microsscope image representatiion of Mg1Z
Zn1Ca, scan area (640 x 860
µm).

Fiigure 8.2: SE
EM micrographs of Mg1
1Zn1Ca alloyys for differeent surface rroughness.
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The potentiodynamic polarization corrosion and EIS tests were performed in PBS at 37
o

C. Table 8.2 summarizes the corrosion parameters, where the corrosion decreased with a

decrease in surface roughness. This corresponded to a shift of the corrosion potential (Ecorr) in a
more noble direction rates with decrease in roughness. The sample with lowest surface roughness
of 0.04 μm had a corrosion potential of -1.5 V (vs. SCE); whereas that of the other samples
ranged between -1.7 to -1.9 V. The corrosion current decreased from 48.4 μA to 6.8 μA, as the
roughness decreased from 0.63 μm to 0.04 μm.
Potentiodynamic plot of the sample with lowest roughness (C-DP 0.05 µm) initially
displayed distinct passivation as evidenced by the vertical straight line of the anodic curves,
Figure 8.3. Furthermore, polarization resistance (Rp) which evaluates the protective behavior of
the surface was calculated by using the following formula:
=

where

and

2.3.

(

−

)

are anodic and cathodic slopes, respectively.

Rp increased with decreasing roughness, due to the formation of a relatively uniform and
compact oxide layer. This behavior was further confirmed with the EIS plots. The increased in
Rp may be attributed to the formation of mixed oxides of Mg and Zn.
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Figure 8.3: Potentiodynamic polarization curves of Mg1Zn1Ca alloys at different roughness in
PBS at 37 oC.
Table 8.2: Results of potentiodynamic corrosion tests of the samples in PBS at 37 oC
Sample Finish

Ecorr (V)

Rp (Ωcm2)

CR (mm/year)

SiC P 240

-1.8

114.5

87.1

SiC P 320

- 1.9

107.9

63.4

SiC P 400

-1.7

136.5

58.8

C-DP 0.05 μm

-1.5

503.0

13.0

The influence of surface roughness on the general corrosion resistance was investigated
by EIS using a Gamry Echem Analyst software. Figure 8.4 shows the Randles equivalent circuit,
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where Rs, is the elecctrolyte resisstance; Rcorr, the chargee transfer ressistance andd Cdl, capaciitance
double laayer. Figure 8.5 shows the
t Nyquist plot where the highest impedance w
was observeed for
the smoo
othest samplees. This coulld be ascribeed to the form
mation of vaarious oxidess, which act as an
electric barrier.
b
The capacitive arc
a provides an estimate of corrosionn behavior oof the materiial, in
terms of the relative diameter of the capacitiv
ve arcs, whi ch are directtly proportioonal to the chharge
transfer resistance
r
(R
Rct). Thus, an
a increase in
i semicirclee diameter ccorresponds to an increaase in
corrosion
n resistance.

Figure 8.4: Equiva
alent circuit of
o the corrossion cell: Rs = electrolytte resistancee, Rcorr = chaarge
transfer resistance and Cdl = capaccitance double layer.
Each
E
sample displayed an
a inductivee loop at loow frequencies, which ssignifies thaat the
alloys aree susceptiblee to pitting corrosion.
c
This occurs w
when Cl- ionns diffuse thrrough a breaach in
the passiivating layerr, resulting in
i the formaation of hydrrolyzed metaal chlorides. At anodic sites,
Mg++ ion
ns are produ
uced; Cl- ion
ns diffuse to
o such sites iin order to eestablish eleectrical neuttrality
[184]. Moreover,
M
thee increase in concentratio
on of ions coompresses thhe double-layyer and incrreases
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the poten
ntial, whereaas a low oveervoltage catthode facilitaates hydrogeen evolutionn and alkalizzation
of solutio
on, causing a substantial corrosion raate [166,1855].

Figure 8.5:
8 Nyquist plots
p
of Mg1
1Zn1Ca alloyys, with diffe
ferent surfacee roughness,, tested in PB
BS at
37 oC.
The
T charge trransfer resisstances deriv
ved from thhe Nyquist pplots are givven in Tablee 8.3.
Increase in charge transfer resisstance with decreased rroughness w
was observedd, which beecame
onounced in case of 0.05 μm. This caan attribute tto reduced corrosion ratees and uniforrmity
more pro
of surface oxides. Ov
verall capaciitance doublee layer rangeed between 15-28 μF/cm
m2.
Table 8.3: Rcorr an
nd Cdl valuess of Mg1Zn11Ca alloys inn PBS at 37 oC
Rcorr (Ω.cm2)

Cdl (μF/cm2)

SiC P 240

511.8

17

SiC P 320

495.3

23

Sample
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SiC P 400

405.2

28

C-DP 0.05 μm

1148.6

15
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Figure 8.6 shows the Bode plot, where the impedance modulus and the phase shift, as a
function of frequency provide information on the nature of the electrochemical processes. In the
case of impedance modulus vs frequency (Figure 8.6a), the high frequency domain represents the
solution resistance (Rs) and the low frequency domain represents the system resistance, which
mainly depends on polarization resistance of the passivating film. Several oxides are produced,
which resulted in a higher degree of phase shift at a frequency of ~80 Hz, Figure 8.6b. This is
most likely due to an increase in surface film capacitance with an increase in the adsorbed
amount of ions on the electrode surface. The oxide layers produced on the surface of the alloys
act as an electric barrier (resistance) dependent upon the charge transfer, and the symmetry of the
Bode plot is an indication of the uniformity of the surface oxides. The loop is depressed and
shifts a loop towards high frequency, which could be associated to the adsorption and desorption
phenomena occurring on the surface of the samples. A layer of corrosion products and salt
deposits from the solution formed instigated the slow degradation process. The formation of
these oxides can impart long term stability of an implant in biological environment and lead to
slow degradation rates at the initial stage of implantation. Increase in concentration of ions in
solution decrease modulus value, while phase shift to higher frequency. This could be due to
increase in surface film capacitance with an increase in adsorbed ions on the electrode surface.
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Figure 8.6: Bode reepresentation of: (a) imp
pedance moddulus and (b)
b) phase shift
ft for Mg1Zn1Ca
o
with diffe
ferent surfacee roughness in PBS at 37 C.
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Figure 8.7 compares the contact angle (CA) and corrosion rate (CR) parameters at
different surface roughness. An, increase in contact angle was observed with a decrease in
surface roughness, where it shifted from hydrophilic to hydrophobic (CA ranged 44 - 95 degree).
The surface free energy (mJ/m2) components were calculated by using Kitazaki-Hata theory:
=

+

+

Where, γtotal is the total SFE; γd is SFE dispersion component; γp is SFE polar component
and γh is SFE hydrogen bond component.
Three liquids of different surface tensions (water, ethylene-glycol and diiodomethane)
were used under ambient conditions. The SFE for 0.05 μm surface finish was 29.7 mJ/m2,
whereas at higher roughness it ranged between 96.0 – 88.0 mJ/m2 (Table 8.4). Studies have
shown that cellular adhesion and cell activity are favorable on materials with low SFE (~25-35
mJ/m2) [110,186,187]. Furthermore, fractional polarity (FP) was calculated, where Fractional
Polarity = polar/(polar+dipersion). It was previously reported that a fractional polarity of less
than 0.3 is a favorable parameter for good cellular adhesion [186,187]. In this study, a decrease
in FP from 0.13 to 1.0 was observed with decreased roughness. Therefore, lower roughness is
conducive to improved biocompatibility.

163

Table
T
8.4: Su
urface free en
nergy and frractional pollarity compoonents
SFE (mJ//m2)

Frractional pollarity, FP

SiC P 240

88

0.79

SiC P 320

184.5
5

0.97

SiC P 400

96

0.79

29.7

0.13

Sample

C-DP 0.0
05 μm

Figure 8.7:
8 Plot sho
owing the effe
fect of roughness on corrrosion rate ((CR) and conntact angle ((CA).
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9.0

DISCUSSION
The development of Mg based alloys/MMCs is a challenge due to limitations of

controlled and non-uniform degradation, hydrogen evolution, localized pH increase and
biocompatibility as well as sustained mechanical integrity. The main function of biodegradable
alloys/MMCs is spontaneous dissolution as new tissue develops and provision of required
structural support. This has prompted a significant amount of research on the development of Mg
based biodegradable alloys/MMCs. Although advances have been made in controlling the
degradation rates of these implants, there is still a dearth of information on their
biocompatibility. However, most Mg samples have their own characteristic behavior (mechanical
integrity, degradation behavior, low density and biocompatibility) as a result of their unique
microstructure and/or the existence of intermetallic phases. In this investigation, nine different
compositions of Mg based alloys and MMCs were subjected to two types of surface treatments,
mechanical polishing and anodization. Mechanical polishing results in the development of an
oxide layer of ~20-50 nm, whereas anodization produces an oxide layer of thickness ~5-10 μm.
This passivating layer imparts enhanced corrosion resistance in both cases. Considering the
aforementioned limitations of currently investigated metallic bioabsorbable materials, this
investigation addresses the beneficial attributes of surface treatment and composition on
mechanical properties and biocompatibility of Mg alloys/MMCs. The following discussion
addresses each limitation and how any deleterious effect can be mitigated.
(i)

Effect of Microstructure on Mechanical and Degradation Properties of Mg
Alloys/MMCs
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The main function of biodegradable alloys/MMCs is spontaneous dissolution as new
tissue develops and the provision of adequate structural support. Pure magnesium (as-cast) has
low overall yield strength (YS ~ 27 MPa), tensile strength (TS ~ 90 MPa) and is susceptible to
corrosion, which can lead to the loss of mechanical integrity before the surrounding implant
tissue has fully healed [115]. Alloying is one method of improving the mechanical properties and
corrosion resistance of Mg [66]. In this investigation, a reduced grain size was observed with the
addition of alloying elements, which may be attributed to the precipitation of intermetallic phases
(Ca2Mg6Zn3, MgCa2, CaZn2, Ca5(PO4)3(OH) and MgZn2) at grain boundaries. During
solidification, alloying elements are rejected by the α-Mg and restrict grain growth. Li et al.
(2008) showed that α-phase (matrix) and Mg2Ca phase precipitated along the grain boundaries
[65]. Enhanced mechanical properties were attributed to a fine grain size of 60-100 µm and a
stable microstructure, that consisted of fine precipitates of β’-Mg15RE3, dispersed precipitates of
Mg24RE5 (sheet-shaped) and Mg5RE (polygon-shapes) [93]. Zhang et al. (2010) [90]
manufactured MgZn alloys by melting and casting, where α and γ-MgZn phases were observed
to precipitate along the grain boundary. Pekguleryuz achieved an effective grain refinement with
Zn, which was explained by its segregation and minimization of surface energy [129]. Tao et al.
(2008) [87], manufactured Mg-6Zn-xCa (x=3, 5, 7.5, 10 wt%) alloys by twin-roll rapid
solidification that were subjected to rapid solidification and annealing at 200 oC for 1 hour.
Improved strength, creep resistance and moderate ductility were observed during age hardening.
This was attributed to the formation of various phases such as, Mg2Ca, Mg2Zn3, MgZn2 and
Ca2Mg6Zn3 [87]. Peng et al. manufactured Mg-Gd based alloys and reported superior mechanical
properties of YS = 280 MPa and TS = 310 MPa were achieved at room temperature due to a
microstructure composed of fine metastable precipitates dispersed in the matrix [89]. Li et al.
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showed that the addition of HA reduced the solid/liquid interfacial energy in Mg alloys [113].
Hort et al. (2010) investigated Mg2Gd, Mg5Gd, Mg10Gd, Mg15Gd (wt%) manufactured by
casting, where Gd was used to enhance the mechanical properties [93]. The yield strength and
tensile strength of the as-cast alloy (YS = 37.99-127.65 MPa and TS = 103.73-175.22 MPa)
increased with Gd content and solid solution formation [93].
In this investigation, an increase in tensile strength (~ 0.9 – 1.1 GPa) was observed with
the addition of Zn and HA, which is comparable with those of cortical bone (0.5 GPa) as shown
in Table 9.1. The modulus of Mg alloys/MMCs ranged between (41 - 52 GPa), which is also
comparable with that of human bone (3 - 20 GPa) and is lower than that of traditional metallic
implants (73 - 230 GPa), see Table 9.1. Young’s modulus of the AZ91D and Mg-MMC/HA was
reported as 40 GPa [177], which is comparable with the values obtained in the current study.
The formation of the aforementioned intermetallic phases, reduced grain size and
anoidzation can be utilized to control the degradation rate of Mg alloys/MMCs. This was
illustrated during potentiodynamic corrosion tests, where anodized samples exhibited smooth
anodic curves that were indicative of strong passivation, whereas mechanically polished samples
showed jagged anodic curves that were indicative of continuous breakdown (pitting corrosion)
and

repassivation.

The

anodized

Mg1Zn1Ca8Gd,

Mg5Zn1Ca,

Mg1Zn1Ca1HA

and

Mg5Zn1Ca1HA exhibitted slowest degradation rates (~ 0.17 – 1.76 mm/year) as shown in Table
9.1. The reduced corrosion rates in the aforementioned samples was mainly due to the formation
of stable and uniform protective oxide layer, whereas composites with a higher concentration of
HA displayed faster degradation due to agglomeration of HA particles in the composites. Such
locations are prone to corrosive attacks. Similarly, Ling-Ling et al. (2008) investigated anodized
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AZ91 and reported an increase in corrosion resistance due to the formation of passivating oxide
[166].
(ii)

Hydrogen evolution and pH from Anodized Mg Alloys/MMCs

Mg alloys/composites were anodized in an attempt to improve the corrosion resistance
and initial implant stability due to the formation of Mg oxide, which varied with processing
parameters, such as exposure time, electrolyte and temperature. Anodization of biodegradable
Mg alloys/MMCs imparts initial corrosion resistance and mechanical integrity after implantation
and ensures sufficient time for the surgical region to heal. The oxide layer on anodized samples
was approximately 5 - 10 μm. However, anodize coatings of Mg alloys have been reported to
consist of two layers, ranging in thickness from 5 - 50 μm [6, 131, 132]. Shi et al. (2006)
reported the initial occurrence of pitting corrosion on anodized specimens followed by filiform
or general corrosion [130]. The anodize coating was hard and porous as compared with other
conventional coating or fluoridated coating [114].
According to Zberg et al., hydrogen evolution from Mg based cardiovascular stents
during clinical studies was of minimal concern and observed good biocompatibility with reduced
inflammatory response [86]. In the case of orthopedic implants, hydrogen evolution was a major
concern due to poor transport mechanisms [122, 123]. Song (2007) reported both unanodized
and anodized Mg alloys are susceptible to localized corrosion at which sites hydrogen is evolved
[167]. In this investigation, a decrease in hydrogen evolution from the anodized samples was
attributed to the presence of various surface oxides. These oxides limit the exposure of substrate
materials to the electrolyte. Additionally, the higher the concentration of Zn in MMC, the lower
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was the volume of hydrogen evolved. This was attributed to the formation of two type of oxides;
those of light metals Mg and Ca; and those of heavy metals, Zn and Gd [158].
Anodization limits the concentration of Mg(OH)2 ions in the electrolyte and restricts further
increase in pH. An increase in pH could affect not only the corrosion behavior of the implant but
also cell viability or hemolysis [115, 124]. The pH of PBS after corrosion of mechanically
polished and anodized samples ranged between ~7.2-8.4 and ~7.2-7.5, respectively, due to
greater passivation of the latter. Wang et al. reported the precipitation of less soluble products,
such as magnesium phosphate, Mg3(PO4)2; magnesium apatite; zinc phosphate, Zn3(PO4)2; and
calcium phosphate, Ca3(PO4)2 due to a local increase in pH [127].

(iii)

Wettability Parameters Conducive for Cellular Proliferation

Implant contact angle, wettability, interfacial free energy and surface free energy had
significant influence on biocompatibility of implants [109]. In this investigation, all surfaces
exhibited high electron donor (basic) character and low electron acceptor (acidic) character with
polar solvent (water), which are reported to be conducive to cell viability [109]. Studies have
shown that lower interfacial free energy can be associated with optimum biocompatibility for
surfaces such that their water interfacial energies are minimized [109]. The minimal interfacial
free energy obtained for the Mg samples in this investigation may correspond to good
biocompatibility. Ponsonnet et al. reported that lower surface free energy corresponded to higher
cell proliferation and indicated an inflection point in the range of 30-50 mJ/m2 [109]. Mani et al.
(2006) reported that high surface energy increased the risk of thrombogenicity [111]. The
fractional polarity (FP = polar / dispersion + polar) of Mg alloys/MMCs used in this
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investigation ranged between ~ 0 - 0.9. It was reported that when FP is >0.3 good cellular
adhesion was achieved [109].
(iv)

Low cytotoxicity with osteoblast and endothelial cells

The cytotoxicity assessment by SRB assay of 10% extract from all samples on osteoblast
and endothelial cells suggested that the concentration of dissolved ions released were non-toxic.
There was no appreciable difference between the net growth rate of cells exposed to 10%
corrosion extract and that of the control over time. The concentrations of Mg, Zn, Ca, Gd and
HA ions in the 10% extract had no cytotoxic effect on osteoblast and endothelial cells. However,
the concentrations present in 50% and 100% corrosion extracts did have a deleterious effect.
Osteoblast cell growth was observed to occur on Mg1Zn samples, which was monitored by an
increase in impedance in the Nyquist plots as shown in the in-vitro biocompatibility section of
Table 9.1.
In summary, the results obtained from this work would serve as a useful tool in predicting
the degradation behavior and mechanical properties of Mg alloys/MMCs under various
physiological conditions. In addition, it provides information to enable the selection of the
appropriate composition for a particular biodegradable implant.
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The following summarizes the limitations of Mg based alloys/MMCs and attempts to
address their deleterious effects. In so doing, properties of materials currently employed in the
manufacture of implant devices are compared with those of Mg based alloys/MMCs developed
in this investigation.
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Tablle 9.1: Comparisson of anodized
d Mg alloys/com
mposites with liteerature [6, 37, 1113]
Parameters

Orrthopedic and Carrdiovascular
Implantts

Remark
ks

The grain sizee of commercial
D alloys is difficult to refine and were
AZ91D
decreassed from 441.5 μm
m to 176.9 μm. The
size were
w refined with thhe addition of 0.1
wt.% HA
A.

Fine grain sizess resulted
in improved ccorrosion
resistance.

Anod
dized Mg Alloys/C
Composites
Synthesis

Grain Size

Overall graain size
of the samples
ranged bettween ~
60-110 μm
m. The
grains
smallest
(~65 μm)) were
observed in
n MMC
with 3 wt% HA and
alloying witth Gd.

Low density (1.73 g/cc)
is of significantt interest
in orthopedic implant
applications beecause it
avoids stress shielding
that exists withh denser
metallic bone im
mplants.

Density
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Surface
treatment

S bt t
Substrate

Sa
ample Preparation
n
Anodization
of
a
biodegradable implant
increased the initial
corrosion resistaance and
the
improved
integrity;
mechanical
sufficient healinng time is
after
ensured
implantation.

Porous oxide
e layer

Dense oxid
des

Two
o layer after anodizzation (1) dense
Anodization resultted in the formation
n of a distinct oxidee layer
barrier and (2) porrous layer.
(thickness 5 - 10 μm)
μ as compared with
w that produced under
u
ambient conditio
ons.
Elecctrochemical Studiies

Corrosion

Corrosion
ssusceptibility
and low
hydrogen
evolution

Corrosion resisstance of
MgZn increasedd with the
addition of alloying
and
elements
anodization andd ranged
between ~ 0.22 - 24.6
mm/year.

Potentiodynamic
polarization cu
urves of
anodized
samples,
s
smooth
exhibited
anodic curves,, which
are indicative of
o strong
passivation.
Leess hydrogen (0
0.5 - 3
mL/cm2) and pH (7.6-8.4)
(
waas observed from anodized
a
Mg
M samples after 15
50 hours
off immersion in PB
BS. This
co
ould be due to the
fo
ormation of mixed
d oxides
wh
hich further prrevented
direct exposure of the
ubstrate to electroly
yte.
su
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The samples w
without surface
more localized
treeatments showed m
corrrosion attacks, higgher hydrogen
evolutio
on (~3 – 6 mL/cm2 ) and pH increase
(8.4 – 9.2)
9 after 150 hourrs of immersion in
PBS.

Localized
ccorrosion
propagated aloong the
grain boundary into the
α matrix forrming a
structure
honeycomb
conducive
foor
cell
growth.

Meechanical Propertiees

Modulus
ranged
between (41 - 552 GPa),
which is com
mparable
with that of hum
man bone
(3 - 20 GPa)) and is
lower than that of
metallic
traditional
implants (73 - 230 GPa).

Young’s
modulus

The ultimate tensile
strength
off
Mg
alloys/MMCs iincreased
with Zn annd HA
addition
andd
was
comparable withh that of
cortical bone.

Tensile
strength
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In-vvitro Biocompatibillity

Mg, Zn, Ca, HA
A and Gd
ions in 10% ccorrosion
extract had no ccytotoxic
effect on osteobblast and
cells;
endothelial
concentrations ppresent in
100%
50%
and
corrosion extraacts did
have a deleteriouus effect.

Cytotoxicity/
Cell growth

Typical
T
normalized
d SRB curves (lefft) showing net gro
owth
rates
r
of cells ex
xposed to differeent concentrationss of

In situ ceell growth and cell viability can be
monitoredd on samples by EIIS Nyquist plots

2:1 ratio

Th
he following is thee approximate ionicc concentration (μg
g/mL) of dissolved
d ions in PBS afterr corrosion: Mg = 30; Ca = 70; Zn = 0.0058;
an
nd Gd = 0.000007. Note this translattes to a 2:1 ratio of
o Ca to Mg as rep
ported in a newsppaper clipping [30]. Mg deficiency causes Ca
deependant release off histamine which, in turn induces inccreased release of acetylcholine
a
at higgh Ca/Mg ratio. Inncreased acetylcholline leads
to neuromuscular hy
yperirritability and convulsions
c
that caan lead to reduced heart
h
rate.
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10.0

CONCLUSION
The Mg alloys/MMCs studied in this investigation appear to have tremendous

potential as a biomaterial for the manufacture of surgical implants. However, these
alloys/MMCs face major challenges of controlled and non-uniform degradation,
hydrogen evolution, localized pH increase and biocompatibility as well as sustained
mechanical integrity in physiological media. Of the aforementioned challenges, fast
degradation and hydrogen evolution pose the greatest concern due to premature failure of
the implant, the formation of subcutaneous gas bubbles and gangrene in clinical studies.
Nevertheless, much research has been conducted worldwide to further improve the
mechanical properties and biocompatibility of biosorbable materials by alloying and
surface treatments. Among the surface treatments attempted, anodization has proven to
be a good candidate for improving mechanical properties and corrosion resistance of
biodegradable Mg alloys/MMCs.
The results obtained in this investigation have indicated that MgZnCa/nHA has
great potential as an implant material for orthopedic and cardiovascular applications
especially when anodized. The following are conclusions derived from this research:


In general, the microstructure of Mg alloys/MMCs consisted of α-Mg solid
solution, grain boundary segregation phases (enriched with Zn and Ca), as well as
binary and ternary intermetallics (Mg2Ca, CaZn2, MgZn2, CaZn5, Ca2Mg6Zn3 and
Ca5(PO4)3(OH)), all of which contributed to improved mechanical properties and
corrosion resistance.
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Mg alloys/MMCs manufactured utilizing the same procedure exhibited a
reduction in the average grain (90 to 60 µm) size as the concentration of HA
increased.



Anodization resulted in the formation of a distinct oxide layer of thickness ~5-10
μm as compared with that produced on mechanically polished samples (~20-50
nm) under ambient conditions. The passivating layer resulted in a uniform
degradation rate of ~0.2 – 4.0 mm/year and hydrogen evolution of 1 – 3 mL/cm2
as compared with ~3 – 23 mm/year and 3 – 6 mL/cm2 for mechanically polished
samples.



The range of modulus (45 - 53 GPa) and density (1.69 - 1.76 g/cm3) of Mg
alloys/MMCs were similar to those of human bone, which are instrumental for
avoiding stress shielding. The modulus and micro hardness increased with the
addition of alloying elements. The increase in hardness was much more
significant with the addition of HA. At 3 wt% HA, inhomogeneous distribution of
HA resulted in micro-hardness, which varied across the surface.



The surface of Mg alloys/MMCs were generally hydrophobic (contact angle ~85110 degree); surface free energy (25-35 mJ/m2); and fractional polarity (0.0 - 0.7).
These parameters have been reported to be favorable for cellular proliferation.



Mg, Zn, Ca, Gd and HA ions at a total concentration of 114.8 μg/mL (individual
concentrations: Mg = 33.0; Zn = 1.0; Ca = 81.0 and Gd = 0.01 μg/mL) were toxic
to osteoblast and endothelial cells. This was the concentration of dissolved ions
in the 100% corrosion extract. On an individual bases 1 μg/mL of Zn appeared to

177

be the prime dissolved ion responsible for a decrease in the survivability of the
cells.


Smoother samples (roughness ~ 0.05 μm) with surface parameters of surface free
energy (~29.0 mJ/m2) and fractional polarity (0.13) were generally more resistant
to corrosion. Note that a surface free energy of 30-50 mJ/m2 and FP >0.3 has been
reported to be conducive to good cellular adhesion.
The findings of this research will be useful for introducing a new class of Mg

based biodegradable alloys/MMCs that will coincide with the emergence of innovative
cardiovascular and orthopedic implant devices. The devices manufactured from these
alloys such as, stents, pins, screws, nuts, etc. will provide greater efficacy for treating
patients as compared with permanent implants currently available. The usage of Mg
based biodegradable implants will therefore, negate repeat surgical procedures and
reduce medical cost.
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11.0

RECOMMENDATIONS FOR FUTURE RESEARCH
The aim of the current research was to explore the potential of Mg alloys/MMCs

and surface treatment for short-term applications for orthopedic and cardiovascular
implants. The studies presented in this dissertation are preliminary and further research
need to be conducted to elucidate platelet adhesion, clotting time, etc. for understanding
thrombosis as well as in-vivo response.
The results obtained are very promising, however further investigation, especially
in blood environment will determine the usefulness of proposed compositions and surface
treatments for improving the initial stability and mechanical integrity of the implant.
Some of the other recommendations for future work:
 Grain size refinement and homogeneous distribution of HA in the matrix
 Coating the implants with biodegradable drug eluting polymers
 Design and manufacture for in-vivo implantation
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A

Appendix - I
Figuree A.1 shows the relativ
ve bar graphh representiing a signifiicant decreaase in

co
orrosion ratees for anodizzed samples after 192 hoours of staticc immersionn in PBS at 337 oC.
Mg1Zn
M
(ACI) showed an
n increase in corrosion raate after anoodization, whhich could be due
to
o the formatiion of porou
us oxides on the surface.

Figure
F
A.1: Corrosion rates
r
attained
d from immeersion test onn mechanicaally polishedd and
anodized samples
s
in P
PBS at 37 oC .

1995

Table A.1: Kitazaki Hata, average values of surface free energy components (mJ/m2)
mechanically polished samples
2

Surface Free Energy Components (mJ/m )
Mechanically Polished
Samples

Dispersion (d)

Polar (p)

Hydrogen
component (h)

Total

Fractional
polarity

Mg1Zn (ACI)

33.7

0.0

0.0

33.7

0

Mg1Zn1Ca (ACI)

25.7

3.7

0.3

29.7

0.13

Mg1Zn1Ca8Gd (ACI)

32.7

0.0

0.3

33.0

0

Mg1Zn1Ca

14.9

46.1

3.4

64.4

0.76

Mg1Zn1Ca1HA

19.1

10.7

3.8

33.6

0.36

Mg1Zn1Ca3HA

14.0

26.9

2.2

43.1

0.66

Mg5Zn1Ca

18.8

16.7

1.2

36.7

0.47

Mg5Zn1Ca1HA

8.6

89.6

8.2

106.4

0.91

Mg5Zn1Ca3HA

12.8

73.0

8.1

93.9

0.85

Table A.2: Kitazaki Hata, average values of surface free energy components (mJ/m2)
anodized samples
2

Surface Free Energy Components (mJ/m )
Hydrogen

Dispersion

Polar

(d)

(p)

Mg1Zn (ACI)

21.9

24.1

0.2

46.2

0.53

Mg1Zn1Ca (ACI)

24.4

9.2

0.0

33.6

0.27

Mg1Zn1Ca8Gd (ACI)

25.0

0.0

0.0

25.0

0

Mg1Zn1Ca

18.2

26.2

0.9

45.3

0.59

Mg1Zn1Ca1HA

21.0

16.5

2.6

40.1

0.44

Mg1Zn1Ca3HA

23.3

5.1

0.0

28.4

0.18

Mg5Zn1Ca

15.1

50.5

1.0

66.6

0.77

Mg5Zn1Ca1HA

29.0

2.7

0.0

31.7

0.09

Mg5Zn1Ca3HA

23.8

11.3

0.0

35.1

0.32

Anodized Samples

component

Total

(h)
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Fractional
polarity

Table A.3: Acid-Base, average values of mechanically polished samples: contact angle,
interfacial free energy and work of adhesion
Interfacial Free Energy (mJ/m2)

Contact Angle (Deg)

Mechanically
Polished Samples

Work of Adhesion (mJ/m2)

Water

Ethylene
Glycol

Diiodomethane

Water

Ethylene
Glycol

Diiodomethane

Water

Ethylene
Glycol

Diiodomethane

Mg1Zn (ACI)

99.5

64.4

57.3

42.5

9.8

3.1

60.8

68.6

78.2

Mg1Zn1Ca (ACI)

95.1

72.7

59.8

35.2

14.5

3.1

66.3

62.1

76.4

Mg1Zn1Ca8Gd (ACI)

93.0

65.6

56.7

35.2

11.6

3.5

69.0

67.7

78.7

Mg1Zn1Ca

85.0

68.7

60.5

22.0

10.9

3.3

79.1

65.3

75.8

Mg1Zn1Ca1HA

84.9

70.8

64.3

19.6

10.3

4.1

79.3

63.7

72.8

Mg1Zn1Ca3HA

91.3

76.8

69.1

26.3

12.4

5.2

69.9

58.9

69.0

Mg5Zn1Ca

93.1

74.1

63.8

30.3

13.2

4.0

68.9

61.1

73.2

Mg5Zn1Ca1HA

78.0

68.0

64.7

10.8

8.0

4.2

87.9

65.8

72.5

Mg5Zn1Ca3HA

73.7

61.3

56.5

10.2

7.6

2.5

93.2

70.9

78.9

Table A.4: Kitazaki Hata, average values of mechanically polished samples: contact
angle, interfacial free energy and work of adhesion
Contact Angle (Deg)

2

Interfacial Free Energy (mJ/m )

2

Work of Adhesion (mJ/m )

Mechanically Polished
Samples

Water

Ethylene
Glycol

Diiodomethane

Water

Ethylene
Glycol

Diiodomethane

Water

Ethylene
Glycol

Diiodomethane

Mg1Zn (ACI)

98.0

70.4

55.7

43.9

17.7

5.1

62.6

63.7

79.4

Mg1Zn1Ca (ACI)

95.2

74.8

58.9

36.3

17.2

3.4

66.2

60.2

77.1

Mg1Zn1Ca8Gd (ACI)

93.1

65.7

57.3

37.0

13.4

5.6

68.8

67.3

78.2

Mg1Zn1Ca

83.4

77.7

54.9

56.1

54.3

35.2

81.1

57.8

80.0

Mg1Zn1Ca1HA

84.4

69.7

64.3

26.4

17.0

11.5

80.0

64.3

72.9

Mg1Zn1Ca3HA

91.1

83.1

65.4

44.4

37.3

22.0

71.5

53.5

71.9

Mg5Zn1Ca

92.1

79.2

60.6

39.1

27.6

11.8

70.4

56.8

75.7

Mg5Zn1Ca1HA

75.9

79.7

57.6

88.7

97.9

79.2

90.5

56.2

78.0

Mg5Zn1Ca3HA

72.1

71.1

50.5

71.6

78.5

61.6

95.1

63.1

83.1

197

Table A.5: Acid-Base, average values of anodized alloys: contact angle, interfacial free
energy and work of adhesion
Anodized
Samples

Contact Angle (Deg)

2

Interfacial Free Energy (mJ/m )

2

Work of Adhesion (mJ/m )

Water

Ethylene
Glycol

Diiodomethane

Water

Ethylene
Glycol

Diiodomethane

Water

Ethylene
Glycol

Diiodomethane

Mg1Zn (ACI)

95.6

70.9

56.1

37.9

15.1

2.5

65.7

63.6

79.1

Mg1Zn1Ca (ACI)

100.3

74.7

59.4

41.9

16.3

3.1

59.8

60.5

76.6

Mg1Zn1Ca8Gd
(ACI)

107.0

82.0

67.5

45.5

17.6

4.8

51.6

54.6

70.3

Mg1Zn1Ca

93.8

73.2

61.7

32.4

13.8

3.5

68.0

61.7

74.9

Mg1Zn1Ca1HA

85.2

67.5

58.2

23.6

11.3

2.8

78.8

66.2

77.6

Mg1Zn1Ca3HA

106.3

78.4

61.5

48.2

18.0

3.5

52.3

57.6

75.0

Mg5Zn1Ca

93.6

72.8

61.2

32.5

13.8

3.4

68.2

62.0

75.3

Mg5Zn1Ca1HA

99.5

72.7

56.3

42.7

16.5

2.5

60.8

62.1

79.0

Mg5Zn1Ca3HA

106.0

74.3

54.2

52.0

19.0

2.2

52.7

60.8

80.5

Table A.6: Kitazaki Hata, average values of anodized alloys: contact angle, interfacial
free energy and work of adhesion
Contact Angle (Deg)

2

Interfacial Free Energy (mJ/m )

2

Work of Adhesion (mJ/m )

Anodized
Samples

Water

Ethylene
Glycol

Diiodomethane

Water

Ethylene
Glycol

Diiodomethane

Water

Ethylene
Glycol

Diiodomethane

Mg1Zn (ACI)

94.2

81.1

49.7

51.5

38.8

13.3

67.5

55.1

83.7

100.0

82.2

55.3

46.2

27.1

4.7

60.2

54.2

79.7

105.0

81.4

69.7

43.9

17.8

7.4

53.9

54.9

68.4

92.2

81.5

56.5

48.0

38.2

17.3

70.1

54.8

78.8

Mg1Zn1Ca1HA

84.6

70.3

56.4

33.2

24.0

12.0

79.7

63.8

78.9

Mg1Zn1Ca3HA

102.4

83.7

61.5

44.0

23.1

4.1

57.2

53.0

75.1

Mg5Zn1Ca

91.3

86.0

52.7

68.2

63.3

35.8

71.2

51.0

81.6

Mg5Zn1Ca1HA

98.7

76.2

54.6

42.7

20.3

2.2

61.8

59.1

80.3

Mg5Zn1Ca3HA

99.9

83.0

54.6

47.6

29.3

5.7

60.3

53.5

80.2

Mg1Zn1Ca
(ACI)
Mg1Zn1Ca8Gd
(ACI)
Mg1Zn1Ca
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Figure
F
A.2: Plot depictiing the fracttional polariity values forr mechanically polished and
anodized sam
mples.
Table A.7:: Acid-Base, average values of mechhanically pollished samplles at differeent
roug
ghness: conttact angle, in
nterfacial freee energy annd work of adhesion

Contact An
ngle (Deg)

Interfacial F
Free Energy (mJ/m
m2)

Workk of Adhesion (m
mJ/m2)

Sample
S
Finish
Water

Ethyllene

Diiodo-

Glyccol

methane

Water

Ethhylene

Diioddo-

G
Glycol

methaane

Water

Ethylene

D
Diiodo-

Glycol

m
methane

SiC P-240

61.2

51..9

50.3

-1.0

4.5

1.77

107.9

77.5

83.2

SiC P-320

47.8

52..1

59.6

-20.1

--0.6

3.11

121.7

77.3

76.5

SiC P-400

45.0

37..9

49.6

-12.9

0.8

5.77

124.3

85.7

83.7

C-DP
C
0.05 µm

95.1

72..7

59.8

35.2

114.5

3.11

66.3

62.1

76.4

1999

Table A.8:: Acid-Base, average vallues of surfaace free enerrgy componeents (mJ/m2) of
nically polish
hed sampless at differentt roughness
mechan
Surface Free Energy Com
mponents (mJ//m2)
Sample Fiinish

Lifshitz-van
der Waals
LW

Acidic ((Electron
Acceeptor)
+

Basic (Electrron
Donor)
-

Tottal

SiC P-24
40

34.1

0 .0

27.4

34.1

SiC P-32
20

28.8

0 .0

50.2

28.8

SiC P-40
00

34.5

0 .1

43.0

38.6

C-DP 0.05
5 µm

28.7

0 .0

2.6

28.7

Figure
F
A.3: Contact ang
gle (water) and
a SFE vallues for bothh mechanicaally polishedd and
an
nodized sam
mples.

2000

Table A.9: Properties of elements used in this study
Element

Atomic
Radius
(nm)

Valency

Crystal
Structure

Density
g/cc

Melting
Point
o
C

Standard
Electrode
Potential (V)

Magnetic Property

Ca

0.197

2

FCC

1.55

839

-2.868

diamagnetic

Mg

0.16

2

HCP

1.738

649

-2.363

paramagnetic

Zn

0.133

2

HCP

7.14

420

-0.763

Diamagnetic

Gd

0.18

1, 2, 3

HCP

7.9

1312

Hexagonal
6/m –
dipyramidal

1.55

1614

HA

201

Ferromagnetic/
paramagnetic

Table A.10: Mean concentration values of Ca, Mg, Zn and Gd measured by ICP-MS. All concentrations and standard deviations were estimated for
3 replicates. Concentrations are reported in ppm (µg/mL)
Magnesium

Anodized Dynamic

Mechanically
Polished Static
Immersion

Anodized Static
Immersion

Mechanical Polished
Static Immersion

Composition
Mg1Zn (ACI)
Mg1Zn1Ca (ACI)
Mg1Zn1Ca8Gd (ACI)
Mg1Zn1Ca
Mg1Zn1Ca1HA
Mg1Zn1Ca3HA
Mg5Zn1Ca
Mg5Zn1Ca1HA
Mg5Zn1Ca3HA
Mg1Zn (ACI)
Mg1Zn1Ca (ACI)
Mg1Zn1Ca8Gd (ACI)
Mg1Zn1Ca
Mg1Zn1Ca1HA
Mg1Zn1Ca3HA
Mg5Zn1Ca
Mg5Zn1Ca1HA
Mg5Zn1Ca3HA
Mg1Zn (PBS+C)
Mg1Zn (PBS+Q)
Mg1Zn (PBS+W)
Mg1Zn1Ca (PBS+C)
Mg1Zn1Ca (PBS+Q)
Mg1Zn1Ca (PBS+W)
Mg1Zn1Ca8Gd (PBS+C)
Mg1Zn1Ca8Gd (PBS+Q)
Mg1Zn1Ca8Gd (PBS+W)
Mg1Zn (ACI)
Mg1Zn1Ca8Gd (ACI)
Mg1Zn1Ca
Mg1Zn1Ca1HA
Mg1Zn1Ca3HA
Mg5Zn1Ca
Mg5Zn1Ca1HA
Mg5Zn1Ca3HA

Calcium

Zinc

Gadolinium

ppm (μg/mL)

% RSD

ppm (μg/mL)

% RSD

ppm (μg/mL)

% RSD

ppm μg/mL

% RSD

21
1
2
1.5
1.5
1
1.2
0.6
1.3
23
17
23
27
12
44
37
17
1.3
0.9
1
0.8
1.1
2.2
1
1.8
1
0.6
20
20
26
29
24
33
27
32

1
3
3
1
1
2
2
2
1
0.2
1
2
1
2
1
2
1
1
2
2
3
5
1
1
2
1
2
2
1
2
5
1
1
0.4
1

NA
48
59
52
70
59
65
69
69
NA
72
70
63
68
66
63
67
58
NA
NA
NA
82
63
71
58
67
68
NA
71
87
67
81
65
80
67

NA
2
3
2
1
3
3
2
1
NA
2
1
1
4
2
2
2
4
NA
NA
NA
2
2
2
3
2
3
NA
2
3
8
2
3
10
1

0.301
0.447
0.225
0.141
0.111
0.073
0.753
0.539
0.496
0.012
0.012
0.011
0.013
0.009
0.013
0.015
0.014
0.007
0.054
0.73
0.574
0.165
0.68
0.412
0.239
0.339
0.457
0.012
0.01
0.004
0.012
0.005
0.003
0.007
0.002

1
1
1
1
1
1
1
1
0.2
2
2
3
2
1
5
2
2
1
0.2
1
1
1
1
2
0.4
1
2
1
2
6
2
2
5
3
5

NA
NA
0.0066
NA
NA
NA
NA
NA
NA
NA
NA
0.0066
NA
NA
NA
NA
NA
NA
NA
NA
NA
NA
NA
NA
0.0066
0.0066
0.0066
NA
0.0078
NA
NA
NA
NA
NA
NA

NA
NA
0.1
NA
NA
NA
NA
NA
NA
NA
NA
0.1
NA
NA
NA
NA
NA
NA
NA
NA
NA
NA
NA
NA
0.1
0.1
0.1
NA
0.3
NA
NA
NA
NA
NA
NA
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